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Neuro-engineering is an emerging multi-disciplinary domain which investigates the 
electrophysiological activities of the nervous system. It provides procedures and techniques to 
explore, analyze and characterize the functions of the different components comprising the nervous 
system. Neuro-engineering is not limited to research applications; it is employed in developing 
unconventional therapeutic techniques for treating different neurological disorders and restoring lost 
sensory or motor functions. Microelectrodes are principal elements in functional electric stimulation 
(FES) systems used in electrophysiological procedures. They are used in establishing an interface 
with the individual neurons or in clusters to record activities and communications, as well as 
modulate neuron behaviour through stimulation. Microelectrode technologies progressed through 
several modifications and innovations to improve their functionality and usability. However, 
conventional electrode technologies are open to further development, and advancement in 
microelectrodes technology will progressively meliorate the neuro-interfacing and electrotherapeutic 
techniques. 
This research introduced design methodology and fabrication processes for intra-cortical 
microelectrodes capable of befitting a wide range of design requirements and applications. The design 
process was employed in developing and implementing an ensemble of intra-cortical microelectrodes 
customized for different neuro-interfacing applications. The proposed designs presented several 
innovations and novelties. The research addressed practical considerations including assembly and 
interconnection to external circuitry. 
The research was concluded by exhibiting the Waterloo Array which is a high channel count 
flexible 3-D neuro-interfacing array. Finally, the dissertation was concluded by demonstrating the 
characterization, in vitro and acute in vivo testing results of the Waterloo Array. The implemented 
electrodes were tested and benchmarked against commercial equivalents and the results manifested 
improvement in the electrode performance compared to conventional electrodes. Electrode testing 
and evaluation were conducted in the Krembil Neuroscience Centre Research Lab (Toronto Western 
Hospital), and the Neurosciences & Mental Health Research Institute (the Sick Kids hospital). 
The research results and outcomes are currently being employed in developing chronic intra-
cortical and electrocorticography (ECoG) electrode arrays for the epilepsy research and rodents 
nervous system investigations. The introduced electrode technologies will be used to develop 
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1.1 Defining Neuro-Engineering 
Neuro-engineering is a multi-disciplinary research area which utilizes engineering techniques in 
neuro-physiology and neuro-sciences. It investigates the functions of the central and peripheral 
nervous systems, and provides techniques to manipulate their behaviour through intra-cortical 
recording and stimulation. Neuro-engineering involves two main research venues; the first studies 
neurological functions using computational and experimental methods to quantify and model coding 
and information processing in sensory and motor systems. The second stream employs functional 
electrical stimulation (FES) in developing therapeutic techniques to treat neurological disorders and 
restore impaired functions through neural augmentation and neuro-modulation [1][2][3][4][5]. FES 
provides treatment for psychological and encephalon disorders as well as therapeutic technologies to 
restore motor functions and regulate organ functionality. 
Neuro-modulation is a medical intervention technique developed to stimulate peripheral nerves, 
the spinal cord, or the brain in order to regulate the activity of neuron clusters. It can be performed 
surgically by lesioning specific regions in the nervous system, pharmacologically by drug infusion 
into cerebrospinal fluid or electrically through delivering an electric charge to the targeted neurons. 
Electrical stimulation of the central, peripheral and autonomic nervous systems is currently a standard 
clinical practice for investigating and treating several diseases and disorders. 
Unlike conventional neural ablation and lesioning; electric stimulation is reversible and non-
destructive. The first forms of electric neuro-modulators were galvanic [6][7] and chronic cardiac 
pacemakers [8]. Furthermore, intermittent deep brain stimulation (DBS) of the subthalamic nucleus 
(STN) exhibited improvements in patients with Parkinson's disease and torsion dystonia [9][10]. 
Stimulation targets include Vagus nerve, deep brain, cortical and intra-cortical structures. In general, 
the cerebral cortex provides easy access to motor intent and sensory perception, and is readily 
regarded as an interface for restoring neurological functions lost due to degenerative muscular 
diseases, stroke, or spinal cord injury [11][12][13]. FES also has the potential to develop treatments 
for the restoration of sensory functions including tactile, visual, and vestibular senses, as well as 
treating psychological disorders including depression and Obsessive-Compulsive Disorder (OCD). 
Table 1-1 lists the current and upcoming neuro-modulation and neural augmentation procedures. 
Neuro-interfacing electrodes possess eminent role in the progress of neuro-engineering and 
FES-based therapeutic techniques. Advancements in electrode design will meliorate the delivered 
therapy by improving the electrode functionality and biocompatibility. This motivated the 
development of cranial and sub-cranial electrodes during the past three decades for neural recording 
starting with simple glass micropipettes, followed by metallic needles, wire electrodes and finally, 
micromachined microelectrodes [14][15][16][17]. Present electrode technologies and 




research activities accommodating diverse fields including engineering design, microfabrication, 
computational neurology, material science and neurophysiology. 
This research tackled the electrode design problem from engineering prospective. The research 
explored different parameters attributing to electrode performance. Several designs were proposed in 
pursuit of reliable long-term recording and stimulation electrodes. Wide range of materials was 
experimented in fabricating different electrode components. Surface modifications were applied to 
improve the electrode electrical properties, and various electrode geometries were explored to 
minimize tissue trauma and displacement. 
Table 1-1. Current and upcoming neuro-modulation and neural augmentation practices 




Parkinson's disease (DBS3) 








Neuropathic pain (DBS, CS5) 
Epilepsy (DBS) 
Occipital neuralgia (PNS6) 
Migraine headache (PNS) 
Cluster headache (DBS) 
Obsessive-compulsive disorder7 (DBS) 
Obesity, Depression (DBS, CS) 
Tourette's Disease (DBS) 
Hypertension Stroke rehabilitation (CS) 
Minimally-conscious state (DBS) 
Addiction (DBS) 
Aphasia (CS) 
Tinnitus (CS, PNS) 




                                                     
1
 SCS: spinal cord stimulation 
2
 VNS: vagus nerve stimulation 
3
 DBS: deep brain stimulation 
4
Humanitarian Device Exemption (HDE) status 
5
 CS: cortical stimulation 
6
PNS: peripheral nerve stimulation 
7





This research progressed through collaboration with several engineering and medical research groups: 
Intelligent Sensory Microsystems Laboratory (UoT), Krembil Neuroscience Centre Research, 
Toronto Western Hospital (UoT), Sick Kids Hospital and Rehabilitation Engineering Laboratory 
(UoT). Working with medical research groups revealed the inevitable need to develop new generation 
of electrode arrays that would offer enhanced functionality in terms of adding more capabilities, and 
improved biocompatibility to create electrodes suitable for in vivo and chronic applications. The 
developed electrodes should provide access to neurons with minimal tissue damage, high positional 
accuracy and allow high dense multisite recording and stimulation of cortical columns [17][24][25]. 
The delivered electrodes have to be suitable for chronic implantation and capable of satisfying the 
stringent constraints to maintain proper functionality and biocompatibility [26][27][28][29][30][31]. 
Cortical recording allowed studying the electrophysiological functions of the nervous system, it 
is also utilized in neuro-prosthetics and brain-machine interfaces (BMI) to restore or augment lost 
motor and sensory functions [23]. Moreover, functional electrical stimulation (FES) of the central 
nervous system (CNS) has the potential to provide irreplaceable therapeutics and procedures for 
diagnosis and treatment, as well as developing neuron interfaces for medical prosthesis 
[2][18][19][20][21][22]. Cortical and intra-cortical electrode design progressed through many 
innovations aiming to develop neuro-interfacing electrodes for stimulation and recording. The lack of 
knowledge urges to study the population dynamics and information coding across ensembles of 
neurons which requires simultaneous multisite recording of neural activities over extended recording 
periods. 
1.3 Research Objective 
The primary goal of this research was to design, fabricate and test intra-cortical microelectrodes 
capable of satisfying a wide range of constraints and design requirements. Developing electrodes with 
improved functionality and biocompatibility required reworking the conventional electrode 
technology through fulfilling the following objectives: 
 Develop design methodology for intra-cortical microelectrodes 
 Create electromagnetic (EM) and mechanical models for the electrode and brain tissue to study 
the electrode electric performance and improve its design 
 Create novel electrode layouts and architectures to implement proposed designs 
 Integrate multiple functions on the electrode including simultaneous recording and simulation, 
and current steering 
 Develop fabrication processes for the different electrode designs 
 Develop assembly techniques to create 3-D electrode arrays 
 Develop insertion procedure to minimize tissue displacement and damage 




The research objectives were successfully fulfilled, and in conclusion; electrodes are tools, and 
advancements in electrode technology will meliorate the delivered procedures and therapies. 
1.4 Thesis Outline 
The first chapter presents a brief introduction highlighting the applications of neuro-modulation in 
medical procedures and outlines the research motivation and objectives. Chapter two provides an 
elaborate survey on the evolution of intra-cortical electrode design and demonstrates the history of 
cortical recording and stimulation. The design methodology and an elaborate illustration of the 
proposed designs are introduced in chapter three. The electromagnetic modeling and simulation of the 
implanted electrodes using finite difference time domain (FDTD) is discussed in chapter four 
discusses. Chapter five presents the structural analysis and mechanical design optimization for the 
proposed electrode layouts using finite element analysis and modeling (FEM). Electrode fabrication is 
illustrated in chapter six, and the characterization, in vitro and in vivo testing results are presented in 







2.1 Introduction to Cortical Recording 
Electrotherapeutic techniques 
The application of electric charges in therapeutic practices has been exercised ever since mankind 
discovered features of electricity. Chronic clinical electrotherapeutic techniques were first introduced 
in cardiac pacemakers in the 50’s. In the same time, experiments on sound perception arising from 
electrode implantation inspired the development of cochlear prosthesis. The stimulation of the visual 
cortex started in 1966 [34], and in the 70’s the treatment of chronic pain was demonstrated through 
spinal cord stimulation (SCS). In 1972, The Neural Prosthesis Program launched a multidisciplinary 
research for developing technologies to restore motor function to paralyzed individuals. The main 
goals were to study electrode-tissue interaction, biomaterials and neural interface development to 
develop cochlear and visual prosthesis, and the control of motor functions. Deep brain stimulation 
(DBS) was introduced by Benabid et a1 in France 1987 [2] and research exhibited the relation 
between subthalamic-nucleus (STN) in the basal ganglia and movement disorders. Further research 
showed that applying lesions to the STN can reverse Parkinson-like effects induced by MPTP (1-
methyl-4-phenyl-1, 2, 3, 6-tetrahydropyridine) treated monkeys [18]. In 1997, stimulation of the 
thalamus was approved by the FDA for the treatment of movement disorders and it was implemented 
in about 20,000 patients using electrodes and stimulators supplied by Medtronic [18][35]. 
Neurophysiologic investigation 
Neurophysiologic investigation studies the neural system architecture and information processing, 
and requires long-term simultaneous recording of cortical neuron populations. The exploration of 
brain functions was limited to single cell recording due to technological constraints which prevented 
producing multi-channel recording electrodes. Thus, the instantaneous behaviour of neuron 
populations had to be inferred from the time-averaged responses of individual cells recorded through 
several sessions [36]. The progress in this field was impeded by the limitations of conventional 
microelectrodes [37] which introduced variability in electrical impedance levels and was limited to 
single channel recording. The advancement of microelectronics industry and silicon microfabrication 
introduced thin-film electrodes which allowed the production of multisite recording microprobes. 
Information about the functional anatomy of the nervous system can be elaborately reviewed in 
[39][40][41][42]. 
2.2 Applications of Electrotherapeutic Techniques 
Nervous system recording and stimulation provide therapeutic techniques for the diagnosis and 
treatment of several disorders through neuro-modulation and neural augmentation. A short list of the 




 Deep brain stimulation: Parkinson's disease, essential tremor, dystonia 
 Spinal cord stimulation: Chronic pain 
 Vagus nerve stimulation: Epilepsy, depression 
Biomedical and neuro-physiologic research is progressing to create therapies and develop 
neuro-prosthetics for neural augmentation. Different applications of electrotherapeutic techniques are 
listed in Figure 2-1, and were categorized as follows: 
 Cortical stimulation 
 Neuropathic pain 
 Obesity 
 Depression 
 Hypertension Stroke rehabilitation 
 Parkinson's disease, tremor 
 Aphasia 
 Tinnitus 
 Brain-machine-interfaces [43][23] 
 Blindness 
 Deafness 
Deep brain stimulation 
 Neuropathic pain 
 Tourette's Disease 
Peripheral nerve stimulation 
 Migraine headache 
 Epilepsy 
 Cluster headache 
 Minimally-conscious state 
 Addiction 
 Obsessive-compulsive disorder 
 Neuro-prosthetics control for paralyzed patients [21][23][44][45][46]. Providing tools for 





2.3 The Evolution of Intra-Cortical Electrode Design 
Intra-cortical electrodes were designed to capture neural electrical activities in the brain for studying 
neural interactions. Various concepts steered the design of intra-cortical electrodes starting with 
simple architectures in the form of glass micropipettes [14][46][48] and silicon needles [15]. These 
electrodes were designed to be stiff enough to penetrate through the dura (tough fibrous membrane 
covering the brain, spinal cord and the inner surface of the skull) and the pia (innermost of the three 
layers covering the brain and spinal cord) without buckling [16][17]. Micro electrodes were 
introduced to shrink the electrode dimensions and minimize brain tissue trauma, tissue displacement 
and chronic damage [16][43][49]. Surface coating the electrodes with biologically anti-fouling 
polymers was investigated to counteract the nonspecific affinity of proteins and cells to attach to 
surfaces [50][51][52]. Electrode surface modifications were investigated to reduce tissue adhesion 
[45]. In addition, increasing the number of available channels brought in more challenges 
[11][23][47][53]. Other designs aimed to integrate amplifiers onto the electrode structure to improve 
signal-to-noise ratio and signal quality by amplifying the signal at its source [53][54][58]. 
2.3.1 Electrode categories 
Research produced multitude of electrode designs with diverse characteristics. The electrodes were 
classified according to various design features including geometry, number of channels, application 
and anatomical position [55], and detailed classification is listed in Figure 2-2. Glass micropipettes 
electrodes were the earliest technology that provided single channel recording. These electrodes are 
not suitable for implantation or long-term applications, however, they are currently being used for 
single site clinical recording of brain slice activities due to their low cost and ease of fabrication. 
Micro-wire bundle electrodes replaced glass micropipettes in rodent and primate signal recording 
procedures. The tetrodes and niotrodes are two versions of micro-wire bundles providing four and six 
recording spots respectively. Microelectrode design benefited from the advancement of 
microfabrication technologies, and thin film electrodes were introduced with the potential to increase 
the number of recording spots. 
2.3.2 Micropipettes 
Glass micropipettes and insulated metallic needles (e.g. tungsten wires with diameters ranging from 
25 to 50µm) were the early tools used in single-unit recording and provided a great deal of knowledge 
at the individual cell level [46]. The electrode was designed to penetrate into the brain tissue and the 
recording pad located at its tip allowed single channel recording from deep brain structures. Glass 
micropipettes were designed for intracellular recording by penetrating through the cell membrane 
resulting in better signal pickup (>10mV) [56]. These electrodes are fabricated by pulling heated 
glass capillary tubes into a diameter of 1 to 2 mm [57]. The heated electrode is split by stretching 
forming sharp tips and the dimensions can be controlled by the temperature and the pulling force [58]. 
The micropipette is filled with conductive solution (e.g. potassium chloride KCL) and poked through 




mixing the KCL solution with intracellular fluids. Glass micropipette electrodes are low cost and easy 
to fabricate in house according to the desired dimensions. However, they have major disadvantages. 
The capacitive loading of the high tip resistances (~2 to 8MΩ) [59] together with the series glass wall 
capacitance [60] form a low pass filter which limits the recording bandwidth [60]. Moreover, the 
electrode has brittle and narrow tip which is susceptible to breakage and blockage [61]. The brittle 
nature of micropipette electrodes aggravates tissue trauma and damage due to the electrode 
dislocation within the brain and is not suitable for chronic in vivo applications [63]. Glass 
micropipette electrodes are currently used in recording the evoked responses of brain tissue slices in 
neuron stimulation experiments. Metal microelectrodes are made from insulated metallic shafts 
(usually platinum, gold or tungsten) with exposed tips [60][62]. In general, metal microelectrodes are 
used for extracellular recording while glass micropipettes are for intracellular recording [14]. These 
electrodes exhibit high tissue displacement, and the traumatizing effect is estimated as the ratio of 
number of recording sites to the brain volume displaced [63]. 
2.3.3 The quest for multisite recording 
Single channel recording provide relatively little information about the organization and function of 
neural circuits and systems. Simultaneous multisite recording is more beneficial in studying neural 
interaction, topographic organization and functional relationships of neuron populations [53][64]. It is 
also essential for implementing closed-loop neural prostheses and neural augmentation systems [51]. 
Acquiring data through single site recording is done by successive recordings which require repetitive 
stimulation which is a time consuming procedure and may produce non correlated results. 
2.3.4 Micro-wire bundle electrodes 
Micro-wire electrodes are made of Nickel-Chrome wires (Φ25µm) coated with a 3.5µm 
insulating layer (e.g. Teflon). The wires are spun on helical trace around a platinum/iridium wire 
(Φ38µm with a 6.5µm insulation layer), then fixed using epoxy resin (Epo-Tek 302-3M, Polytec PT, 
Germany). The wire assembly is cut and the tip is bevelled at 45° to expose the metal cores creating 
recording sites. The final niotrode electrode array has a total diameter <100µm providing 9 recording 
channels as shown in Figure 2-3-Left with channel impedance of 300kΩ at lKHz [63]. Niotrodes 
improved tissue displacement of single wire electrode by a factor of 4.5 and a single shaft of the Utah 
array by a factor of 9. These electrodes are currently used in rodents and primates intra-cortical 
recording experiments. In order to increase the recording density; hypothetically, several niotrodes 
can be integrated in 2-D matrix as shown in Figure 2-3-Right, but it will be challenging to control the 
inter-electrode spacing precisely. A major drawback of this electrode is limiting the recording to the 
electrode tip which is in contact with the most damaged cells [65]. Other drawbacks include low 
positional accuracy, mechanical vulnerability structure and difficulty in controlling array layout 
[65][66]. In conclusion, wire and glass micropipettes offer low cost and simple tool for single-site 









































































































































































































































































































































































































































































































































































































































































































































































































2.3.5 Thin-film electrodes technology 
Thin-film technology employs microfabrication and photolithography techniques to create high 
precision multisite recording electrodes for the simultaneous sampling of multiple neurons. 
Conductive layers are deposited and patterned on dielectric substrate and a dielectric layer provides 
electric insulation and maintains biocompatibility [61][67][68]. Thin film electrode technology 
progresses with the advancement of microfabrication processes, and introduced a remarkable leap in 
intra-cortical electrode technology. 
2.3.6 Single shaft multi-channel electrodes 
Single shaft thin film electrodes have a planar structure, and the slender shaft carries several pads 
representing the interface channels. The electrodes are designed for multisite recording in order to 
increase the spatial resolution as well as increase the number of recording sites per displaced volume 
of tissue. Silicon fabrication processes were used in implementing multisite microelectrodes with an 
array of recording pads. The electric connections were formed using metal thin film deposition and 
patterning techniques on silicon substrate which forms the electrode shaft. Figure 2-4 shows a 4 
channel microprobe fabricated on 15µm thick silicon shaft. The shaft was 3mm long, and the tapered 
profile started with a width of 90µm at the base that narrowed to 20µm at the tip. Gold recording sites 
were deposited at different spacing (30 to 200µm) and polysilicon (or tantalum) was used for 
interconnections. Finally, the structure was insulated by a layer of silicon-oxide and silicon-nitride. 
The areas of the recording sites ranged between 100 to 400µm
2
 and the impedance ranged from 2M to 
8MΩ at 1KHz. The stability of this electrode was tested by immersion in physiological saline and 
rats, and they were functional for 12 days then the output lead insulation failed [25]. Another silicon 
electrode provided 9 recording sites with 300µm separation while keeping the 9
th
 pad 1mm deeper. 
Each recording site was 50x50µm
2
 and the structure was insulated by a 3µm of silicon-nitride [69]. 
 





Figure 2-4. 4 channel silicon microprobe [25] 
Molybdenum was also used as a shaft material to support two layers of polyimide sandwiching 
gold metallization layer (Figure 2-5-Left). Windows were etched in the upper polyimide layer to 
expose the 30x30µm gold recording sites with 500µm separation. The electrode was 3.75mm long 
and the tapered shaft width was 135µm at the tip [77]. Another molybdenum single shaft electrode 
provided 24 channels arranged in 1x24 or 2x12 arrays by patterning gold on 17µm thick molybdenum 
substrate (Figure 2-5-Right). The electrode impedance was 100KΩ at 1KHz with 3 to 4pF shunt 
capacitance. Ceramic was proposed to replace silicon and the electrode presented in Figure 2-6 had 4 
recording sites (22x80µm) separated by 200µm patterned on a ceramic shaft. Alumina was used to 
passivate the electrode surface [16] and the electrode was stable for 180 days in a saline solution [16]. 
Ceramic substrates do not allow the creation of tips with cross-section areas as small as that of metal 
substrates [70], which restrain the implementation of different electrode geometries. 
  
Figure 2-5. Left: Molybdenum thin film electrode [77], Right: Molybdenum thin film electrode 





Figure 2-6. Ceramic thin film electrode [16] 
Judy’s lab in UCLA presented a single shaft electrode with a nickel structural layer. The 
electrode shaft was fabricated using nickel electroplating on non-continuous seed layer to generate a 
tapered tip design which facilitates penetration as shown in Figure 2-7. The seed layer was patterned 
on carrier wafer coated with oxide for release and nickel was coated with gold for biocompatibility 
[181]. The fabrication steps and electrode layout are shown in Figure 2-8. 
 
Figure 2-7. Tapered electrode tip using non-continuous seed layer, Left: Seed layer sketch, 





Figure 2-8. Judy’s lab electrode fabrication steps [181] 
2.3.7 Needle arrays 
Single shaft electrodes allow recording the electrical activity of neural columns but larger areas have 
to be covered for a comprehensive perception of neural interactions. In order to increase the density 
of recording sites, 3-D microelectrode arrays were developed to provide simultaneous multisite 
recording from a large population of neurons. These electrodes can be used for controlling neural 
prosthetics [21]. 
Needle arrays can be in the form of a matrix of micro-needles, each allocates a recording 
channel at its tip. The needles could have the same length or patterned into a sloped contour. This 
architecture limits the recording to a planar field. On the other hand, the electrode can be constructed 
from several shafts, each carrying multiple recording spots. This allows recording the neural activity 
of neighbouring neural columns. A silicon needle array intra-cortical electrode was fabricated on a 
silicon substrate to have a 10x10 matrix of 1mm brittle needles with a pitch of 400µm. The platinum 
tips were coated with silicon-nitride and the needle rows were isolated using silicon-oxide. This 






Figure 2-9. Needle array electrode [21] 
A similar architecture was implemented as an active electrode with onboard bioamplifier and 
additional circuitry for signal pre-processing. The active array had 256 channels (Figure 2-10) 
suitable for in vitro was fabricated on a single die [53] with 16x16 array of signal pre-processing 
CMOS cells, and the needles were post-fabricated on the die using gold wire bonding. Signal pre-
processing includes amplification, band-pass filtering and storage in the in-channel analogue memory. 
The electrode base was 3x4.5mm, and the tapered needles were 100µm long and had a diameter of 
80µm [53]. 
Electrical discharge machining (EDM) was applied in fabricating high density array electrode 
for intra-cortical recording of brain activity [11]. Several metals were used including titanium, 
titanium-aluminum -vanadium alloy (Ti90-Al6-V4), stainless steel, and tungsten-carbide, and the 
needles were coated with platinum for biocompatibility. The electrode was designed to have 1mm 
long needles with a pitch of 400 to 500µm and pictures of the fabricated electrodes are shown in 
Figure 2-11. The same technique was able to produce 5mm long needles with spacing of 250µm. The 
electrode impedance was spread along wide range due to poor soldering resulted by adhesion 
problems of titanium alloys [49]. 
 





Figure 2-11. Left: 10x10 EDM array electrode, Right: titanium electrode with 1141 pins [11] 
Utah array 
Utah array was a part of DARPA-supported project to develop a bionic arm (Figure 2-12). The 
electrode consisted of 100 silicon needles arranged in a two-dimensional array, each needle 
represented a recording site [46] precisely spaced and this provided an advantage compared to micro-
wires [63]. The needles were 1mm long and had tip diameter of 50µm. 
Microelectrode Arrays (MEA) 
The ESIEE Neurocom group designed silicon needle array providing 64, 256 or 1024 recording sites. 
The needles were fabricated using isotropic and anisotropic silicon etching to create 80μm needles 
with 50μm pitch and the electrode is shown in Figure 2-13 [178]. 
2.3.8 Multi-shaft electrodes 
Needle array electrodes limited the recording in a planar domain, and some electrodes had a sloped 
profile to record from different depths, and each needle provided single recording site located at its 
tip. In order to investigate closely-spaced columnar organization and layering of cortical tissue, it is 
required to develop electrodes with 3-D architecture. High channel count electrode was designed to 
accommodate up to 128 channels distributed among several shafts. The shafts had tapered tips and 
several designs were fabricated with shaft lengths ranging from 4 mm to 15mm as shown in Figure 
2-14 [47]. Figure 2-15 presents an electrode with integrated 8 channel amplifier and 64:8 multiplexer 
to access the 64 recording sites consuming 756µW (Figure 2-15). The recording sites were made of 
100µm
2





Figure 2-12. Left: Utah array, Right: Sloped Utah array [74] 
  
Figure 2-13. Left: MEA electrode array [178], Right: Close up view of a single needle 
 





Figure 2-15. Active multi-shank silicon electrodes [73] 
In order to simplify electrode assembly and integration, a modular design for multi-probe 
cortical assembly was implemented by stacking 2-D probes to provide 3-D constellation of recording 
sites. The Microscale Implantable Neural Interface (MINI) was made up of 16 channel probes 
yielding a total of 96 channels (Figure 2-16). Each 3mm probe carried 4 recording spots with an area 
of 1250µm
2
 and a pitch of 400µm. The probes were stacked 250µm apart and had 20x60µm 
perforations to allow tissue integration. The probe assembly was then connected to a module for 
signal acquisition through flexible interconnects [23]. Laurent lab and Roukes group in Caltech 
developed a dual-side recording electrodes. The electrode comprised two silicon shafts with pads on 
both sides. A single electrode unit was assembled to form a 3-D electrode array [179] as shown in 
Figure 2-17 [180]. 
2.3.9 Flexible substrate electrodes 
Numerous designs for electrodes were developed on silicon and ceramic substrates; however, stiff 
electrodes would potentially cause significant trauma due to the displacement of rigid structures 
within brain tissue. Furthermore, brittle shafts are prone to fracture and would release debris in the 
brain. Flexible substrates were introduced to overcome the drawbacks of brittle electrodes and 
brought in several design challenges involving the mechanical design, fabrication and tissue 
penetration [31][43][49][75][76]. 
A sketch of a flexible Parylene-based electrode array is presented in Figure 2-18; this design 
had 6 shanks each was 1.2mm in height and 160µm in width with 3 recording pads each was 
20x20µm. The electrode was coated with a stiff layer of polyethylene glycol (PEG) to assist during 
insertion, the PEG layer would eventually dissolve into the tissue fluid after insertion [64]. A 
microfluidic channel could be integrated in the electrode for injecting chemicals (Figure 2-19). The 
channel was also a part of the insertion mechanism as it was filled with PEG which would dissolve 






Figure 2-16. Left: Microscale Implantable Neural Interface (MINI), Right: Single probe [23] 
 





Figure 2-18. Flexible parylene electrode [64] 
 
 
Figure 2-19. Flexible electrode with integrated microfluidic channel [78] 
2.4 Practical Considerations 
There are several practical considerations that contribute to proper electrode operation and failure. 
They involve various topics inducing but not limited to physiological, electrical, and mechanical, 
chemical considerations. These topics can be incorporated in the design process in the form of 
guidelines and constraints. 
2.4.1 Tissue displacement 
Brain tissue can be displaced through cortical dislocation and rotational acceleration of the head. 
Cortical dislocation is a result of the forces generated by the circulatory and respiratory systems and 
pulsate the cortex perpendicularly with respect to the skull [79]. Rotational acceleration of the head 
causes cortical displacement relative to the overlying bone and dura. If a probe was rigidly connected 
to the skull, it would transfer the displacement forces to its shaft and would eventually deflect the tips 




chronic electrodes are preferred to have flexile structures, and should be tethered to other elements 
using flexible interconnect cables. 
It is required to design microprobes virtually invisible to the tissue in order to minimize tissue 
damage and displacement. During insertion, the electrode destroys some neurons within the kill zone 
and this might limit discrimination of individual neurons [26][44]. Tissue displacement can be 
estimated by the ratio of number of recording sites to the brain volume displaced [63] and should be 
kept below 1%. Cortical recording requires large number of recording sites covering large neural 
area. Increasing the recording sites density is not in favour of the electrode size, and therefore the 
electrode geometry is a principal factor affecting tissue displacement. 
2.4.2 Pad size and separation 
Pad size and spacing determine the channel density and electrode dimensions, which in turn 
influences the electrode functionality (number of channels) and biocompatibility (intensity of tissue 
trauma), thus they are considered critical design parameters. Pad size controls its impedance and 
charge capacity which dictates the electrode application. Large pads provide lower impedance 
(~300Ω) and are used for stimulation and local field potential (LFP) recording, while smaller pads 
with higher impedance (>2MΩ) are used for single neuron isolation and spike recording. Neural 
stimulation electrodes can be divided into two major categories according to surface area: 
Macroelectrodes 
These electrodes are characterized by high-charge-per-phase thresholds and low charge density 
thresholds. They deliver the charge to the surface of the target tissue and have geometric surface area 




). The low charge-injection densities inhibit corrosion and 
avoid stimulation-induced electrode degradation, but the high-charge-per-phase levels may induce 
tissue damage. 
Microelectrodes 
Microelectrodes have low-charge-per-phase thresholds and high charge density thresholds. They 
penetrate the target and have surface areas smaller than 10,000μm
2
 allowing high selectivity in 
stimulating small volumes of tissue. The elevated levels of charge densities evoke electrode 
degradation and tissue damage thus charge-per-phase and charge density must be kept low to prevent 
tissue and electrode damage. 
2.4.3 Shaft width 
Decreasing the electrode dimensions is constrained by its mechanical strength and the ability to 
penetrate through the pia and the dura layers of the brain [46]. It was reported that the shaft width 
could influence the extracellular current flow blinding the recording spots at the back side of the 
electrode if the width was more than 100µm [25].Thus, if the recording spots were to be placed on 
both sides, it is preferred to keep the electrode width narrower than 30µm such that the recording field 




2.4.4 Mechanical strength 
The electrode must be capable of handling the mechanical forces applied during insertion and 
operation. Flexible shafts provide strain relief and conform to the surrounding tissue, thus they 
improve the electrode biocompatibility. However, they are prone to buckling failure and may collapse 
during insertion. On the other hand, stiff and brittle electrodes would survive insertion forces without 
failing, but would cause more post-operative tissue damage due to electrode dislocation and 
micromotion. Moreover, when a brittle electrode fails mechanically, it will fracture and dispense 
debris in the brain. An electrode competent for chronic in vivo interfacing should have a flexible 
structure capable of surviving axial loading during implantation to maintain the design 
biocompatibility. 
2.4.5 Neuro-compatibility and foreign body response 
Neuro-compatibility represents the quality of electrode-tissue interface influenced by the tissue 
reactive response (host response) and bio-fouling. The presented electrodes are intended for 
prolonged application, and bio-fouling has to be considered due to the tendency of proteins and cells 
to adhere to foreign bodies inserted in the human body. Electrodes are foreign bodies and will 
encourage further protein adhesion forming unexcitable organic layer that encapsulates the needles 
and degrades the electrode functionality. The capsule thickness depends on the degree of reactivity of 
tissue to the implanted material as well its shape and surface condition. These responses result due to 
electrode biocompatibility issues evoked by cytotoxicity and electrode geometry (refer to Appendix 
B). 
2.4.6 Electrode material 
Foreign bodies introduced to a living system evoke changes in the homeostatic mechanisms which 
stabilize the internal body equilibrium. Biocompatible materials result in minimal biological response 
and do not produce toxic, injurious, or immunological response when come in contact with tissue. 
Biological performance of materials is evaluated by the host and material responses. The host 
response is a local or systemic reaction of living systems to the foreign material other than the 
intended therapeutic response. Inert electrodes do not impose irreversible chemical changes on the 
ambient environment [101]. In brief, material biocompatibility can be described in terms of the acute 
and chronic inflammatory responses and the fibrous capsule formation. There are several factors that 
limit the choice of electrode materials: 
 Foreign body response (refer to Appendix B) 
 Allergic responses 
 Electric isolation 






 Radiographic visibility 
Table 2-1 lists different materials and their suitability for electrode fabrication 
Table 2-1. Different materials and their suitability for electrode fabrication 
 Considerations in favour Arguments against 
Gold  Biocompatible  
Platinum 
 More tissue response than gold and 
stainless steel 
 No gliosis after 30 days 
 Produces denser capsule 
Stainless 
steel 
 Very low tissue response  Allergenic to some individuals 
Aluminum  Biocompatible  
Copper   Toxic 
Silver   Toxic 
Tantalum 
 Biocompatible 
 Mild response after 30 days 





 Very little tissue response 
 Flexible 
 Strong 








 Highly resistant to corrosion 




 Severe local necrosis 
Nichrome 
(80% Ni – 
20% Cr) 
 Recommended for medical implants  
Tungsten 
 Biocompatible 
 No gliosis after 30 days 
 More tissue response than gold and 
stainless steel 
Silicon 
 Easily fabricated and processed 
 Mild tissue response 
 Brittle 
Sapphire  Superior stiffness compared to silicon  
Pyrex  Mild response after 30 days  




2.4.1 Electrode failure 
The electrode fails when it loses the ability to efficiently perform its functions. Different forms of 
failure were identified and summarized into structural and electrical failures. Structural failure is 
device-oriented, while electrical failure reflects the neuro-compatibility which can be defined as the 
viability of the working interface between the metal electrode site and its target neurons. 
Structural failure 
Structural failure is an irreversible physical damage to the electrode and results due to excessive 
mechanical loading, physical contact or chemical interaction with the ambient environment. In 
general, the principal sources of different forms of structural failures are: 
 Mechanical 
 Buckling: This failure mode is caused by excessive compressive forces applied on slender 
probes and needles. It can either damage a poorly designed probe or prevent it from 
penetrating the dura and pia layers  
 Stress corrosion cracking (SCC): Failure of structures subjected to constant tensile stress in a 
corrosive environment 
 Mechanical failure due to intrinsic stresses in deposited layers 
 Delamination: The electrode is constructed of composite materials layered together and this 
structure makes it susceptible to repeated cyclic stresses generated by vascular pulsatility 
 Physical 
 Multi-layer electrodes might delaminate or fracture due to water uptake 
 Chemical 
 Corrosion: The extended exposure to saline solution can damage metallic pads, insulation 
layers as well as connection leads 
 Delamination and corrosion attack passivation layers designed for insulation and not 
protection against corrosion [103] 
Electrochemical decomposition 
Electrochemical corrosion attacks single metal as well as multi-metal electrodes, and DC current flow 
leads to electrolytic decomposition. According to Faraday’s law: the passage of one Faraday removes 
or deposits 1g equivalent of monovalent element [91], and this is effective in stimulation electrodes. 
DC currents can be avoided through capacitive coupling or using balanced bipolar waveforms; the 
later does not perfectly eliminate electrode corrosion due to the nonlinear nature of the electrode-
electrolyte interface. As for multi-metal structures; bimetal junctions immersed in saline solution 
creates short-circuited galvanic cell and the current flow will generate unstable potential adding noise 





Electrical failure is the loss of contact with neurons which degrades or inhibits recording the neural 
activities. Electrical failure can result due to disruption of the electrode-electrolyte interface, tissue 
reactive responses, and tissue damage or electrode dislocation. 
Micromotion 
Micromotion and electrode dislocation are caused by several disturbances: 
 Physiological: Including cardiac, respiratory (2 to 25µm in cats) and vascular pulsations (1 to 
3µm in cats) [130] 
 Behavioural: Spontaneous head and trunk movement 
 Mechanical: Displacement of the lead wire is transferred to the electrode if the design lacks 
enough strain relief between the implanted electrode and other circuitry or additional structures 
mounted on the skull 
2.4.2 Reliable chronic recording 
Intra-cortical electrodes capable of chronic recording and stimulation are key players in neuro-
modulation and functional electrical stimulation. Realizing such electrodes is challenged by: 
 Foreign body response 
 Stimulant artifacts 
 Electrode displacement 
 Recording density 
 Fabrication technology limitations 
 Electrochemical electrode damage 
In vitro experiments showed the effect of bio-molecular and cellular interactions on increasing 
the impedance of recording microelectrodes [80][81][82]. In order to overcome the lack of consistent 




































































































































































































































































































































































































































2.5 Summary of the Survey 
Neuro-engineering and functional electrical stimulation (FES) are emerging multi-disciplinary 
research areas aiming to develop therapeutic techniques for treating neurological disorders and restore 
impaired functions through neural augmentation and neuro-modulation. The progress of neuro-
engineering relies primarily on recording electric activities of cortical tissues and neural clusters in 
the brain and requires simultaneous multisite long-term recording of neurons. The brain cortex 
provides access to motor and sensory perception and is an attractive region for neural interfacing to 
restore lost neurological functions. The small size and large population of neurons in the cortex 
region necessitates efficient multisite recording and stimulation with minimal tissue displacement and 
damage. This defines the objective of cortical electrode design to construct high channel density 
electrode arrays providing access to the cortical columns with minimal tissue damage and high 
positional accuracy. 
Cortical electrodes can be classified into several groups based on different criteria, this guides 
in identifying the appropriate configuration required for different applications. Several electrode 
designs were proposed and technologies emerged in pursuit of reliable long-term recording and 
stimulation electrodes. New materials were introduced to fabricate different electrode elements, 
surface modification processes were applied to improve biocompatibility, and electrode geometry was 
experimented to minimize tissue trauma and displacement. Research is active to identify and explore 
the different parameters attributing to the design of implantable electrodes. Increasing the number of 
available channels brings in more challenges. A competent intra-cortical electrode should be designed 
to provide high recording channel count arranged in multi-dimensional array for the comprehensive 






Microelectrode Design Methodology 
3.1 Introduction 
The quest for advanced neuro-interfacing electrodes with improved functionality motivated the 
development of multi-shaft microelectrode arrays. Working with medical research groups revealed 
the need to create electrode arrays capable of providing tightly packed constellation of stimulation 
and recording pads to improve the positional accuracy and extend the electrode usability. This 
research introduced an ensemble of microelectrodes designed to fulfil various requirements and 
applications. Electrode development commenced with simple single shaft electrodes for design and 
fabrication processes development and optimization, and progressed into more complicated layouts 
and architectures. In the context of this dissertation, electrode layout refers to its geometrical design 
and can be recognized by its top view, while the electrode architecture defines its composition 
including the different layers and materials. The objective of the design methodology is to develop 
electrode layouts capable of maximizing the number of channels per shaft and minimizing the shaft 
width and the electrode footprint. The layouts would be implemented using architectures that would 
satisfy the mechanical and biomedical design constraints as well as microfabrication process rules. 
This chapter illustrates the electrode development through a sequence of layouts and architectures 
developed to satisfy different requirements and applications, and thorough mechanical analysis of the 
different designs is presented in Chapter 5. 
3.2 Design Methodology 
The design and implementation of reliable chronic electrode is a comprehensive process that 
integrates several domains. Electrode design flow is presented in Figure 3-1 and commences with 
identifying the design requirements and constraints to maintain reliable and safe operation. Design 
requirements identified application, anatomical position and interface duration; while the constraints 
included tissue properties, implant volume, mechanical requirements, electrical requirements and 
material toxicity. This information was acquired from experts in the field. Electrode layout design 
began with simple and abstract contours that complied with electrode size limitations dictated by the 
anatomic position, and pad requirements defined by the application. 
The electrode shaft is implanted within the tissue to position the pads at the targeted location; 
consequently, it is a critical component which manipulates the design process. The shaft is a pad 
carrier, and it was required to minimize its size in order to reduce tissue trauma associated with 
implantation. It also had to provide the required structural strength to survive the mechanical forces 
experienced during implantation and operation. Complex architectures were developed to implement 
the required electrode layouts; these included multiple layer designs and stiffening metal layers. The 
preliminary electrode geometry was modeled to analyze its mechanical performance and identify the 
competent layouts. Mechanically challenged electrodes would required an insertion device which 




implantation while having a small footprint to improve its biocompatibility. Fabrication processes 
were, and finally, the electrode were characterized and tested. 
3.3 Design Guidelines 
A competent intra-cortical interfacing electrode should satisfy the following guidelines 
[40][46][59][63][85][91][100]: 
 Small footprint to minimize tissue trauma and displacement, and foreign body response 
 Geometric surface area of recording pads less than 1000µm2 to record single unit action potential 
[90] 
 Stimulation electrodes should have large pads to deliver the required charge and the electric 
structures should handle currents of up to 1mA 
 Sampling cortical activities requires spatial recording site distribution of 50 to 100μm 
 Leads connecting the electrode to the supra-dural platform or percutaneous plug have to be 
flexible to relief the strain caused by brain motion 
 Exposed materials must be biocompatible and have no water uptake if used in chronic 
applications 
 Flexible electrode structures are preferred to brittle especially for chronic in vivo applications 
 
Figure 3-1. Electrode design process flow 
 Electrode function 
 Anatomic position 
 Interface duration 
Design constraints 
 Tissue properties 
 Implant volume 
 Mechanical requirements 
 Electrical requirements 
 Biocompatibility and 
material toxicity 
 Pad design 
 Electrode layout 
 Electrode architecture 
 Electrode materials 




 Mechanical design 












3.4 Single Shaft Electrodes 
Electrode development started with creating simple designs providing low number of interfacing 
channels. A single shaft electrode was designed to provide 4 recording channels on a narrow shaft 
(identified as Layout A) having a 6mm shaft with width of 110µm. The electrode metallization layer 
was made of aluminum and coated with chrome and gold layers for adhesion and biocompatibility 
respectively. The electrode surface was passivated with silicon-oxide and 15x15µm windows were 
patterned to expose the 20x20µm electrode pads. The electrode width was expanded to accommodate 
7 channels (Layout B) on a 200µm shaft. The electrodes were implemented on silicon-on-chip (SOI) 
wafer with 50µm device layer. The electrode layouts are shown in Figure 3-2 (Layout A) and Figure 
3-3 (Layout B), and Figure 3-4 shows the exploded assembly of the electrode exhibiting the structural 
(grey), metallization (yellow) and passivation (amber) layers. This electrode was designed to develop 
and optimize the fabrication process for implementing further designs and its mechanical design was 
not optimized to withstand the insertion forces or maximize channel packing. 
Dimensions of the simple recording electrode 
 Recording pad: 20x20µm, (exposed: 15x15µm) 
 Track width: 10µm 
 Track spacing: 10µm 
 Electrode length: 6.5mm 
 Contact pad: 100x500µm 
 Shaft width: layout A: 110µm, layout B: 200µm 
 
Figure 3-2. Basic simple recording electrode with 4 pads (Layout A) 
 





Figure 3-4. Exploded assembly of simple recording electrodes, Left: Layout A, Right: Layout B 
3.5 Pad Geometry 
Improving channel packing on some electrode shafts required modifying the pad geometry while 
maintaining its area to provide reliable electric performance. Several pad geometries were modeled 
and analyzed to investigate the current density distribution and resistance, and the different 
geometries included square, circular and triangular cross-sections. Half symmetric pad models were 
created and voltage was applied at the track base while the pad surface was grounded. Current density 
patterns associated with the different pad layouts are shown in Figure 3-5, and the results showed that 
the voltage drop was similar for different pad designs and the voltage gradient along a track and 
square pad is demonstrated in Figure 3-6. The results inferred that pad geometries had 
indistinguishable effect on the electric performance provided that the cross-section surface area was 
preserved. 
3.6 Modified Pad Layout 
Recording pad geometry was modified to achieve dense packing and reduce the shaft width. Figure 
3-7 shows trapezoidal pads accommodated on narrow tapered shaft tip, and the pad dimensions 
preserved the surface area provided by the conventional recording pads. The modified pad layout 
allowed packing 6 channels on a 130µm wide shaft, while the conventional pad design was limited to 
7 channels per 200µm as demonstrated in Figure 3-3, and a comparison between the electrode 
dimensions is listed in Table 3-1. The tapered tip facilitates electrode penetration and the shafts can 
be stacked alternatively as shown in Figure 3-8 to create a two dimensional array and reduce the 







Figure 3-5. Current density distribution for different stimulation pad models 
 




Table 3-1. Comparison between electrode dimensions 
Layout Conventional pads (B) Modified pads 
Channels 7 6 
Recording pads 20x20µm Trapezium: 35µm x 18µm x 10µm 





Track width 10µm 10µm 
Track spacing 10µm 10µm 
Shaft width 200µm 130µm 
 
Figure 3-7. Modified trapezium recording pads on tapered shaft 
 
Figure 3-8. Electrode array with tapered alternating shafts 
3.7 Double Metallization Layer Stimulation Electrodes 
An electrode has two sets of pads; the interfacing pads come in contact with neurons, and the 
interconnect pads connect the electrode to external circuits, and each pad pair is connected by a 
routing track. Stimulation pads are characterized by having larger areas (~10,000µm
2
) compared to 
neural spike recording pads (~400µm
2
) to be able to deliver an electric charge that suffices 
stimulation, and this area constraint leads to low channel count for a given shaft width. The large 




The functionality of stimulation electrodes can be improved through adding more channels; however, 
the number of channels per shaft is limited by the area of stimulation pads and electrode dimensions.  
In conventional electrodes, the shafts accommodate the pads and tracks on a single layer 
offering limited channel packing. The routing tracks and pads share the shaft width as shown in 
Figure 3-9-Top; accordingly, the tracks can be considered an overhead which consume the available 
electrode surface. The minimum track width is controlled by the lithography process resolution, and 
reducing the width would raise its impedance. Stacking more tracks on a shaft would expand its width 
beyond the dimensions allowed by the biocompatibility requirements. In conclusion, the number of 
channels on a shaft is constrained by its width. 
The double metallization layer stimulation electrode architecture introduced in this section was 
developed to increase the number of channels per shaft for a given set of electrode dimensions. This 
novel architecture comprises two metallization layers; the first accommodates the routing tracks and 
the second forms the exposed interconnect and stimulation pads. The two layers are electrically 
isolated by a dielectric film and the pads are connected to the associated tracks through buried vias. 
Figure 3-9 demonstrates a comparison between the conventional electrode and the proposed design 
with double metallization layers. The electrode layout is illustrated in Figure 3-10 showing the 
exposed pads, and Figure 3-11 demonstrates the two metallization layers superimposed to reveal the 
electrode internal structure. The introduced design has 3mm shaft with a width of 130µm, and each 
stimulation pad is 110x110µm. The electrode thickness is determined according to the material 
mechanical properties and electrode structural analysis discussed in Chapter 5. 
 
Figure 3-9. Comparison between conventional stimulation electrode layout (top) and the 
proposed architecture with double metallization layers (bottom) 
 





Figure 3-11. Top view showing the superimposed metallization layers, first metallization layer is 
shown in black and the exposed pads are in yellow 
The electrode architecture is demonstrated in the exploded assembly diagram in Figure 3-12 
showing the substrate (grey), the bottom first metallization layer (metal-1) forming the interconnect 
pads and tracks (yellow), the stimulation and interconnect pads reside in the top metallization layer 
(metal-2), while the buried vias (green) connects each pad to the associated track. A dielectric layer 
(red) insulates the metallization layers, and finally, the electrode is passivated with top a dielectric 
layer (amber). The sectional view (Figure 3-13) reveals the electrode anatomy demonstrating a 
portion of a stimulation pad (yellow) in contact with the associated track through the via (green). 
Figure 3-13-Left includes the dielectric insulation (red) and passivation (amber) layers, while the 
metal structure is shown in Figure 3-13-Right and the pad footprint is represented by the red contour. 
(US provisional patent 61/657,810 "Implantable Neuro-Interfacing Stimulation and/or Recording 
Electrodes with Multiple Metallization, Dielectric and Passivation Layers, and Multi-Dimensional 
Electrode Arrays ") 
 





Figure 3-13. Sectional view of the stimulation electrode with (Left) and without (Right) 
insulation and passivation layers. The figure reveals the tracks in metal-2 layer (yellow), buried 
via (green), and part of the stimulation pad (yellow). The red contour (Right) represents the 
stimulation pad footprint. 
Dimensions of the double metallization layer stimulation electrode 
 Stimulation pad: 110x110µm 
 Interconnect pad: 250x500µm 
 Track width: 10µm 
 Track pitch: 10µm 
 Shaft length: 3mm 
 Shaft width: 130µm 
 Shaft pitch: 1mm 
3.8 Modified Vias 
The experimental results of the electrode DC resistance measurement (discussed in section 6.5.3) 
recommended that the electrical connection between the metallization layers had to be improved. The 
vias were expanded from 6x100µm to 30x100µm and redesigned to maintain dense channel packing. 
This modification enhanced the electrical connection between the metallic layers and achieved the 
anticipated resistance (calculated in section 3.10). The electrode shaft was altered to accommodate the 
modified vias and two modifications were proposed having a tapered (Figure 3-14) or stepped layout 
(Figure 3-15). The optimized single shaft electrode was used for creating multi-shaft arrays according 
to various design requirements and applications. One of the designs was customized for implantation 
in animal brain and its layout is shown in Figure 3-16. The quad shaft electrode had 3mm shafts 
providing a total of 24 stimulation channels. 
Dimensions of the double metallization layer stimulation electrode – modified vias 
 Stimulation pad: 110x110µm 




 Track width: 10µm 
 Track pitch: 10µm 
 Shaft length: 3mm 
 Shaft width: 130µm 
 Shaft pitch: 1mm 
 
Figure 3-14. Double metallization layer stimulation electrode – Modified vias – Tapered shaft 
 
Figure 3-15. Double metallization layer stimulation electrode – Modified vias – Step shaft 
 





3.9 Short Shaft Electrodes 
The double metallization layer stimulation electrode architecture was used for developing a modified 
electrode with shorter shafts for small rodents. The electrode was designed to have two short shafts to 
fit within the tight dimensions of the rodents and maintain reliable contact. It was custom designed for 
the Rehabilitation Engineering Lab (REL) – University of Toronto. 
3.10 Electrical Analysis and Design Optimization 
Finite element modeling and analysis was used in estimating the electrode DC resistance and explore 
the effect of different design parameters on its value. The electrode metal structure was made up of 
routing tracks, stimulation pads, interconnect pads, and vias. Components with narrow cross-sections, 
e.g. routing tracks and stimulation pad vias, were anticipated to significantly contribute to the 
resistance. Figure 3-17 shows the metal structure model, and the components are illustrated in 
different colours. Unity voltage was applied to the interconnect pad and the surface of the stimulation 
pad was grounded. Current flow through the structure was calculated, and the resistance was 
estimated to be 70.94Ω, and was in good agreement with the experimental value (72Ω). Parametric 
model was created to manipulate several variables including dimensions, material types, and 
temperature. Component dimensions were varied to cover a range of practical fabrication values, and 
two temperatures were used representing ambient lab (20°C) and human body (37°C) conditions and 
the values of design parameters are listed in Table 3-2. The results were post processed and sensitivity 
analysis was executed to investigate the effect of different parameters on the resistance. 
The effect of a short track (1mm) cross-section area on current flow is illustrated in Figure 
3-18, and the results exhibited the dominance of track thickness in controlling the current flow. As the 
track length increased; it introduced higher resistance, and the influence of track thickness resided as 
shown in Figure 3-19 for 3.5mm shaft. 
 




The effect of electrode dimensions on its resistance was verified by results post processing and 
sensitivity analysis. The histogram in Figure 3-20-Left illustrates the dominance of track length on the 
metal structure resistance, while track cross-section and via width exhibited moderate effect, and 
other parameters were negligible. The correlation matrix in Figure 3-20-Right confirmed the results 
showing that the track length acquired the highest correlation with current compared to other 
parameters. The stimulation circuit to be integrated with the electrodes produced a current of 1mA 
yielding voltage drop of 76mV across the electrode metallic structure. Accordingly, the unity voltage 
source in the simulation model was replaced by 76mV and the results reproduced the resistance 
values taking in consideration thermal effects modulating the resistivity. 
Joule heating 
Thermoelectric model was developed to estimate joule heating and the associated temperature rise 
generated by current flow in the metallic structure. The simulation was executed at 20°C and repeated 
at 37°C, and the resulting temperatures were 37.19°C and 20.84°C respectively. The sensitivity 
analyses results in Figure 3-21 showed that the track length was the effective parameter on 
temperature rise which was less than 1°C satisfying biocompatibility constraints. 
Table 3-2. Parametric model variables 
 Minimum Maximum 
Routing track length 1000µm 6000µm 
Routing track width 1µm 10µm 
Routing track thickness 300nm 1µm 
Pad via width 2µm 30µm 
Pad via length 50µm 100µm 
Pad via thickness 50µm 100µm 
Temperature (discrete) 20°C 37°C 
Aluminum resistivity [Ω.m] 2.43e-8 @ 0°C 2.67e-8 @ 20°C 3.63e-8 @ 100°C 





Figure 3-18. Sensitivity analysis: Current vs. track width and thickness for 1mm track 
 




       
Figure 3-20. Post processing results, Left: Current sensitivity analysis of parametric model, 
Right: Correlation matrix of current vs. design parameters 
      
Figure 3-21. Joule heating post processing results, Left: Joule heating sensitivity analysis of 
parametric model, Right: Correlation matrix of Joule heating vs. design parameters 
3.11 Recording/Stimulation Electrodes 
Integrating recording and stimulation pads on a single shaft is required for several applications 
including simultaneous recording and stimulation and closed loop neuro-interfacing. It can also 
improve the spatial accuracy of electrode implantation by identifying the targeted spot through 
monitoring neural activity patterns during insertion (a standard procedure in DBS electrode 
implantation). A preliminary layout presented in Figure 3-22 was designed to provide 6 stimulation 
and 24 recording channels. The implemented electrode had 15µm tracks with spacing of 15µm 
yielding a shaft width of 1100µm. Squeezing the tracks and spacing to 10µm would shrink the 

































































































































































































Dimensions of the preliminary recording/stimulation electrode 
 Recording pad: 22x22µm 
 Stimulation pad: 9500µm2 
 Track width: 15µm 
 Track spacing: 15µm 
 Electrode length: 5.6mm 
 Contact pad: 500x50µm 
 Shaft width: 1100µm 
Improved packing of stimulation and recording pads 
A novel pad layout was developed to exploit area utilization and improve the tip design of 
stimulation/recording electrodes. Stimulation and recording pads were arranged in an alternating 
scheme along the edge of the shaft to allow forming a tapered tip and facilitate tissue penetration. The 
pads layout is shown in Figure 3-23 and was used in packing 8 stimulation and 9 recording pads 
along a tapered shaft. The demonstrated design had track width and spacing of 15µm and a shaft 
width of 382µm which dropped to 200µm by reducing the routing tracks to 10µm. (US provisional 
patent 61/405,195 "Multi-layer Intracortical Electrodes: Design Methodology, Layout Optimization 
and Fabrication Process".) 
Dimensions of the improved recording/stimulation electrode 
 Recording pad: 22x22µm 
 Stimulation pad: 11610µm2 
 Track width: 15µm 
 Track spacing: 15µm 
 Electrode length: 5.6mm 
 Contact pad: 500x50µm 
 Shaft width: 382µm 
3.12 Multi-Composite Layer Recording Electrodes 
Tracks are considered an overhead which consume the available area on the electrode shaft, and the 
number of channels is limited by track width and spacing which makes the vertical space appealing 
for utilization. One approach to increase channel packing was through narrowing down tracks using a 
higher resolution photolithography process. This solution is not economical and also narrow tracks 




composite layer electrode architecture which multiplies the channel count by exploiting the vertical 
space while keeping shaft width unchanged. 
 
Figure 3-22. Preliminary layout of stimulation/recording electrode, Left: Electrode layout, 
Right: Pads and tracks 
 
Figure 3-23. Stimulation/recording electrode with improved pad packing  
The multi-composite layer electrode architecture was based on vertically stacking composite 
layers, where each layer accommodated a group of pads and tracks, thus increasing the number of 
channels without changing the electrode width. The stacked composite layers are made of thin films 
and do not contribute significantly to the shaft thickness. A composite layer consisted of a 
metallization film forming the tracks and pads, and dielectric coating to provide electrical insulation 
between the different composite layers, and a cross sectional layout is illustrated in Figure 3-24. The 
composite layers were formed to have descending lengths and create a stepped structure as shown in 
Figure 3-25. The stepped architecture exposes the pads on one layer without overlapping with others. 
The electrode tip was tapered to facilitate insertion and Figure 3-26 shows the electrode layout where 
the first, second and third metallization layers are represented in black, red and blue respectively. The 
total thickness of the composite layers was small compared to that of the electrode structural material 
and do not aggravate tissue trauma and displacement. The design methodology was employed to 
create different electrodes; Figure 3-27 and Figure 3-28 demonstrate layouts A and B providing 7 and 
4 recording channels per layer respectively. It was also used to design multifunction electrode with 
recording and stimulation channels sharing the same shaft (Figure 3-29) adopting the pad packing 
scheme introduced in section 3.11 and outlined in Figure 3-23. Silicon was used as the structural layer 
for its mechanical strength and suitability for the multi-composite layer processing and the metal 




provisional patent 61/405,195 "Multi-layer Intracortical Electrodes: Design Methodology, Layout 
Optimization and Fabrication Process") 
Dimensions of the multi-composite layer recording electrode (Figure 3-27 and Figure 
3-28) 
 Recording pad: 20x20µm, (exposed: 15x15µm) 
 Track width: 10µm 
 Track spacing: 10µm 
 Electrode length: 6.5mm 
 Contact pad: 100x500µm 
 Shaft width: layout A: 110µm, layout B: 200µm 
 
Figure 3-24. Cross sectional layout of a composite layer 
 
Figure 3-25. Three stacked composite layers 
Modified multi-composite layer electrode layout 
The mechanical design analysis recommended using the electrode layout shown in Figure 3-30 
and the multi-composite layer electrode layout was modified accordingly. The patterned metallization 
layers are shown in Figure 3-31 in different colours. Pads (yellow) belonging to different layers vary 





Figure 3-26. Multi-composite layer electrode layout 
 
Figure 3-27. Multi-composite layer electrode, Layout A: 7 pads per layer 
 
Figure 3-28. Multi-composite layer electrode, Layout B: 4 pads per layer 
 
Figure 3-29. Pad layout for recording and stimulation 
Dimensions of the multi-composite layer recording electrode – modified layout (Figure 
3-30) 
 Recording pad: 20x20µm, (exposed: 15x15µm) 
 Track width and spacing: 10µm 
 Electrode length: 6.5mm 




 Shaft width: 170µm 
 
Figure 3-30. Multi-composite layer electrode with optimized mechanical design 
 
Figure 3-31. Multi-composite layer electrode with optimized mechanical design: Metallization 
layers 
3.13 Carrier Wafers and Interconnect Cables 
Carrier wafers 
Carrier wafers were designed to facilitate electrode handling and coupling to external circuitry 
through the wide bases and large pads. The number and layout of pads were customized to 
accommodate different electrode designs, and two carrier wafers were implemented for application 
with multi-shaft electrodes. The first wafer was designed for the double shaft stimulation electrode 
introduced in section 3.9. The wafer layout is shown in Figure 3-32 with 12 interconnect pads and a 




24 interconnect pads, and one of the designs was customized to accommodate commercial connectors 
for example the Omnetics A79050 micro-cable pin header as shown in Figure 3-33. The carrier 
wafers can also be stacked to create 3-D electrode arrays as shown in Figure 3-34. Due to size 
limitations, this design would not fit in a rodent skull and was not implemented. 
Interconnect cables 
Due to small interconnect pad dimensions and tight spacing; it was not practical to attach individual 
lead wires to the pads. Flexible interconnect cables were custom designed for different electrodes and 
carrier wafers layouts and presented in Table 3-3. The pads on the cable have triangular layout, this 
facilitates bonding to the interconnect pads on the electrodes or carrier wafers using conductive glues 
(e.g. silver epoxy) as shown in Figure 3-35. 
 
 
Figure 3-32. Carrier wafer for the two shaft double metallization layer stimulation electrode, 






Figure 3-33. Carrier wafer for quad shaft electrode customized for Omnetics A79050 socket 
 
Figure 3-34. 3-D electrode assembly using carrier wafers 




















































Figure 3-35. Electrode-cable assembly 
3.14 Electrode with Integrated Cables for 3-D Assembly: The Waterloo Array 
The double metallization layer stimulation electrode introduced in section 3.7 was expanded to 
include an integrated interconnect cable. This electrode was designed to be implemented on flexible 
substrates and provided two major advantages compared with the original design. The total electrode 
length was 2.5mm and waived the need for attaching separate interconnects cable, thus simplifying 
the assembly steps. Moreover, the electrode was designed for stacking using silicon carrier wafers to 
create the 3-D Waterloo Array as shown in Figure 3-36. The via design was modified to tolerate the 
flexible substrate expansion during fabrication and overcome misalignment, and the shaft layout is 





Figure 3-36. 3-D flexible electrodes stacked using silicon carrier wafers 
 
Figure 3-37. Flexible electrode shaft layout, Green: Buried vias, Blue: Routing tracks, Red: 
Exposed tracks, Brown: Electrode contour 
3.15 Implantation Assistive Devices 
A competent electrode design would have a flexible structure to conform to the tissue and acquire 
small footprint to reduce trauma, nevertheless, these features would compromise the rigidity required 
for tissue penetration. Assistive insertion techniques can be used to compensate the lack of rigidity 
during penetration and avoid mechanical failure. During penetration, the force is dispersed to the 
underlying tissue due to its elasticity, thus an initial rapid prick exploits the viscoelastic properties 
and confines the force within the tissue surface leading to rupture [31]. 
Implantation can be assisted chemically using collagenase enzymes to break up the collagen 
networks of the pia mater; this technique can reduce the required penetration force by 40% 
[189][190]. There are several mechanical assistive techniques, for example, attaching a stiffening 
backplane [205], or creating a hollow electrode structure to house a stylus. These approaches increase 
the electrode volume which is an undesired overhead that aggravates tissue trauma. Another 
technique involves coating the flexible electrode with biodegradable polymers to temporarily stiffen 
the probe shaft [206], and as the coating dissolves, it releases chemicals into the brain. The insertion 
technique adopted in this research was based on developing electrodes with a mechanical design that 
provides the required axial rigidity to survive penetration while maintain the flexibility to shear 
forces. 
The electrodes introduced in this thesis were designed to survive the forces experienced during 




and avoid further tissue trauma. An implantation assistive device in the form of a block with a flange 
was designed to be used with more vulnerable electrodes. The flange rests on the brain surface to 
support the block, and the electrode slides along a trench as shown in Figure 3-38. This tool is 
designed to keep the electrode straight during insertion and supports it during propagation through the 
tissue to minimize the shaft effective length and avoid buckling failure. 
 
Figure 3-38. Implantation assistive device 
3.16 Conclusion 
This chapter introduced the intra-cortical microelectrode design methodology developed to befit a 
wide range of design requirements and applications. The design guidelines and constraints were 
acquired from literature and experts in the field. The design methodology was employed in 
developing several electrodes customized for different recording and stimulation applications. An 
ensemble of microelectrodes was introduced and the discussion presented the progress of electrodes 
starting with simple single shaft designs which then evolved into more complicated designs, and 
finally concluded by the ―Waterloo Array‖. The discussion also introduced novel electrode 
architectures and modifications to increase the number of channels for stimulation as well recording 
electrodes while reduce the electrode footprint. Other designs and pad layout schemes were 
developed to increase the channel count on stimulation/recording electrodes while minimizing the 
shaft dimensions. Several components were also designed to facilitate the electrode handling and 
operation including carrier wafers, stacking wafers and interconnect cables. 
The electrodes to be implemented were developed to satisfy the design requirements and 
constraints according to the application. The shaft layout used in the final implementation was 
qualified by the mechanical analysis as discussed in Chapter 5 and was designed for proper skin 
penetration without the need for implantation assistive devices. This helps to reduce tissue trauma and 
improve the electrode biocompatibility. Pad layouts and dimensions were designed according to the 
acquired design requirements as well as guidelines extracted from the electromagnetic modeling of 






Electromagnetic Analysis of Intra-Cortical Microelectrodes 
4.1 Introduction 
Electromagnetic modeling and analysis was used for investigating the influence of electrode design 
parameters and tissue properties on the electric field distribution within the brain tissue, study the 
effect of miniaturizing electrode dimensions, and explore methods of current steering. Finite 
difference time domain (FDTD) models were created and simulated using Empire XCcel 5.3 (IMST 
GmbH, Kamp-Lintfort Germany) [182]. Due to the lack of experimental data identifying the 
operation levels of the electric field intensities in the tissue, the Medtronic 3387 DBS electrode 
(Medtronic Inc, Minneapolis, MN) was modeled to provide reference benchmark data to be used for 
the microelectrode design. 
Models for brain tissue (white and grey matters) representing the environment encompassing 
the electrode were created based on Gabriel model [152][153] assuming homogenous medium, and 
were further modified to heterogeneous tissue structure comprising white and grey matters. The 
electrode and tissue models were integrated to represent the implanted electrode and surrounding 
brain tissue. Several microelectrode designs were modeled to explore the effects of electrode and pads 
layout on electric field intensity distribution used in evaluating the volume of tissue activated (VTA). 
Finally, pad arrays were modeled to explore current steering. The analysis also studied the effect of 
integrated metal reinforcement planes on the electric field distribution within the brain tissue. Results 
verified ability of miniature microelectrodes to replicate electric field distribution generated by FDA 
approved and commercially available stimulation electrodes. 
4.2 Modeling Medtronic 3387 DBS Electrode 
The Medtronic 3387 DBS electrode was designed for chronic stimulation with no recording 
capabilities. It had a cylindrical core encapsulating wires feeding four equidistant platinum rings 
which represent the stimulation pads on the electrode perimeter. The electrode shaft was 1.28mm in 
diameter and each ring had a length and thickness of 0.5mm and 0.08mm respectively as shown in 
Figure 4-1. It is FDA approved and was modeled to provide reference data for the field intensity and 
distribution within the brain tissue to be used for designing intra-cortical electrodes. The Medtronic 
3387 had macro sized ring pads and an alternative model with planar pads was developed to evaluate 
and verify the field distribution of planar pads. The planar pads model was further modified into a 
miniature layout to model microelectrodes and this model was employed in the analysis of the intra-
cortical microelectrodes. The Medtronic 3387 electrode model is shown in Figure 4-2 and perfect 
geometric approximation (PGA) algorithm was used to model the circular features of the electrode 
[182][187]. PGA allowed modeling the dome tip and it avoids yielding very high dense discretization 
mesh and consuming memory resources [185]. The electrode was made of polyurethane and modeled 
to have relative permittivity εr = 4.3 and tangent delta δ = 4x10
-3
. The contact rings were platinum 








 Reference benchmark data from FDA approved DBS electrode 
 Guidelines for the design and development of DBS and intra-cortical electrodes as well as 
optimizing electrode design and pad geometry and layout 
 Data required to evaluate the volume of tissue activated (VTA) by stimulation 
 Simulations for current steering methods 
 
Figure 4-1. Medtronic 3387 DBS electrode layout 
 
Figure 4-2. Medtronic 3387 DBS electrode simulation model 
4.3 Brain Tissue Modeling 
Brain tissue represents the ambient medium in which the electrode is implanted and its dielectric 
properties affect the electric field distribution within tissue and influence the neurons responses to 
external applied electric fields produced by stimulation. Referring to DBS; the electrode resides in the 
internal globus pallidus (GPi) or subthalamic nucleus (STN) located in the basal ganglia which is 
composed of grey matter (relative permittivity εr = 2.46x10
6
 and conductivity ζ = 0.16329S.m
-1
 at 
130Hz [184]), surrounded by white matter (relative permittivity εr = 1.06904x10
6
 and conductivity ζ 
=0.059S.m
-1
 [184]). As a result of foreign body reaction (refer to section 2.4.5 and Appendix B), the 
electrode was encapsulated by unexcitable tissue with a mean conductivity of 0.1S.m
-1
 ranging 
between 0.05 to 0.2S.m
-1
 [155][188]. 
To investigate the effect of different tissue layers and dielectric properties on the field 
distribution, several tissue models with different complexities and levels of detail were developed 
[187]. Brain tissue was modeled with three levels of complexity: Model-I was a simple representation 
of brain gray tissue as a homogenous lossy dielectric with isotropic and frequency independent 




characteristics disregarding the anatomical details of the brain [128][145]. However, the homogenous 
brain tissue model limited the results accuracy due to ignoring biophysical based conductivities [147]. 
Model-II included the encapsulation tissue layer with permittivity similar to grey tissue (εr = 5x10
4
) 
and a lower conductivity (ζ = 0.1S.m
-1
). Model-III comprised two layers representing the gray (εr-Gray 
= 1x10
5
, ζGray = 0.1Sm.
-1
) and white tissue (εr-White = 2x10
4
, ζWhite = 0.1Sm.
-1
). 
Several models were proposed in [128][147] assuming homogeneous tissue structure and 
included fixed thickness encapsulation of 0.5mm. The encapsulation layer thickness varies from 0.1 
to 1mm [155]depending on the electrode material biocompatibility and implant duration. To 
investigate the effect of encapsulation layer thickness on field distribution, a comprehensive model 
with inhomogeneous layers and variable thickness encapsulation layer was developed. The results 
exhibited the effect of encapsulation layer on the electric field intensity and distribution which 
accordingly controlled the spatial penetration of the electric field. Table 4-1 lists the average low 
frequency conductivity values used in modeling brain tissue as extracted from literature. More 
information about the biological tissue dielectric properties, modeling and dispersion modes is 
provided in Appendix B. 




Bulk neural tissue (average value) 0.2 Buston et al [128][155][188] 
encapsulation layer (0.5mm thick) 0.1 Buston et al  [155][188] 
encapsulation layer (0 – 1 thick) 0.05 – 0.2 Grill and Mortimer (2004) [155][188] 
White matter 0.15 
Geddes and Baker, Malmivuo and 
Plonsey [155][188] 
Grey matter 0.45 
Geddes and Baker, Malmivuo and 
Plonsey [155][188] 
Grey matter 0.28 Sotiropoulos [156] 
Internal capsule (IC) along primary fibre direction 1.17 Sotiropoulos [156] 
Internal capsule (IC) along orthogonal axis 0.125 Sotiropoulos [156] 
Average head conductivity 0.33 [157][158] 
Grey matter 0.1 
Gabriel [152], Nicholson [159] 
Apollonio [160][161] 
Internal capsule (IC) along primary fibre direction 1 
Gabriel [152], Nicholson [159] 
Apollonio [160] 




4.4 Simulation Setup and Stimulation Pulses 
DBS pattern is a sequence of cathodic monophasic rectangular pulses with amplitude ranging 
between 1 and 4 volts and can reach up to 10 volts [2]. Stimulation pulses have a period of 0.1µs and 
the firing frequency is 130Hz [128][129][156][162] which classifies the simulation procedure as 
quasistatic electric field simulation. Simulations were executed using two sets of stimulation patterns; 
Gaussian (Figure 4-3-Left) and cathodic monophasic rectangular (Figure 4-3-Right) pulses. Unlike 
rectangular pulses, Gaussian pulse does not have sharp transients in the time domain and is preferred 
for FDTD modeling. Simulations were iterated using several data sets and the Gaussian pulses 
underestimated the electric field intensity by 0.27 to 2.7% [187]. The purpose of the calibration was 
to explore the effect of simulator configuration on the results accuracy and model stability. 
 
Figure 4-3. Stimulation patterns, Left: Normalized Gaussian pulse, Right: Normalized anodic 
monophasic rectangular pulse (t, 0, 1e-11) 
The electric field distribution for Gaussian pulse simulation with brain tissue conductivity of 
0.3S.m
-1
 is shown in Figure 4-4. The simulation results for very fine-4 meshing density are 





Figure 4-4. Simulation results for Gaussian and monophasic pulses with very fine-4 meshing 
 
Figure 4-5. Electric field distribution of Gaussian pulse stimulation @ σ = 0.3S.m
-1
 
lossless σ = 0 σ = 0.1 σ = 0.2 σ = 0.3 σ = 0.4 
Gauss - min 7.27 8.31 8.27 8.24 8.20 8.16
Gauss - max 22.97 26.28 26.17 26.05 25.92 25.80
Monophasic - min 6.39 7.22 7.19 7.15 7.11 7.07





























4.5 Simulation Results 
4.5.1 Stimulation pulse parameters 
Pulse amplitude and width 
The stimulation pulse had two degrees of freedom; amplitude and width. These two parameters were 
varied to study the effect of pulse characteristics on field distribution. Model-I with single 





) and conductivity ζ = 0.15S.m
-1
. Sweeping the pulse amplitude (A) 
from 1 to 10 had no effect on the depth of field penetration within the tissue while directly affected 
the levels of field intensity which is shown in Figure 4-6. The results were modeled using a linear 
relationship with a minimum RMSE = 18.2 and 5.88 for εr = 1x10
4
 and εr = 1x10
5
 respectively 
(equation 3.1 and equation 3.2), and R
2
 = 99.8% and the extracted model equation is plotted in Figure 
4-6. 
        
       ( )        ... (3.1) 
        
       ( )       ... (3.2) 
The results showed the dominance of pulse amplitude on the field intensity at lower tissue 
permittivity, and where the slope at εr = 1x10
4
 is almost 3 times that of εr = 1x10
5
. 
To study the effect of pulse width on the electric field distribution, a constant amplitude pulse 
of 5V and width (PW) varying from 52 to 52000 steps (time step is set to 0.5psec due to 





. It was found that the electric field spatial depth was controlled by changing the 
simulation pulse width rather than its amplitude (top left corner of Figure 4-7 represents the effect of 
pulse width on field distribution for 52 and 52000 steps respectively). Accordingly, the amplitude of 
the stimulation current injected can be reduced by increasing the pulse width to obtain the same effect 
on the spatial distribution of the electric field. The results were represented by a power relation 
(equation 3.3) with RMSE = 131 and R
2
 = 98% and plotted in Figure 4-7. 
    ( )      (  )
    ... (3.3) 
Firing Pattern 
In order to improve the effectiveness of DBS it was required to enhance the spatial precision of 
charge delivery and minimize the risk of undesired stimulation of non-targeted regions. Current 
steering mechanisms can be employed to control spatial distribution of the electric field within the 
brain tissue [127]. Several parameters can be manipulated to achieve current steering and electric 














To investigate the influence of current steering on sculpturing the electric field, a variable firing 
pattern was applied as differential a current between contact ring pairs. Constant current source was 
modeled for stimulation, and the ratio between the differential current components applied between 
the rings was controlled to yield different ratios. Homogenous single layer model was assumed (εr = 
1x10
5
, ζ = 0.15S.m
-1
) and the electric field distribution for different firing patterns is plotted in Figure 
4-8. The results illustrated the ability of controlling the electric field distribution by using a simple 
array of firing rings and manipulate the ratio between current components between ring pairs. It is 
possible to shape the electric field distribution within the brain tissue by changing the stimulation 
pattern as well as the pads distribution. However, ring pads are not suitable for delivering charges 
with appropriate spatial accuracy and prevent undesired stimulation of non-targeted neurons. Figure 
4-9 shows the maximum electric field versus current steering ratio for conductivity ζ = 0.15S.m
-1
 and 
different permittivities (εr = 1x10
4










Figure 4-7. Electric field intensity vs. simulation pulse width @ εr = 1x10
5
 and ζ = 0.15S.m
-1
 
    
A 100/0% b. 90/10% c. 80/20% d. 50/50% 
Figure 4-8. Current steering and field shaping for 2 rings firing 
1.28mm 
1.28mm 





Figure 4-9. Maximum electric field vs. current steering ratio for different permittivity @ εr = 
1x10
4
 and εr = 1x10
5
 at σ = 0.15S.m
-1
 
4.5.2 Tissue dielectric properties 
Model-I 
The tissue exhibited significant increase in dielectric permittivity and drop in conductivity near DC 
(10 – 1000Hz) demonstrating the characteristics of poor conductor which attenuates the field intensity 
and its penetration depth. The electric field intensity associated with different dielectric properties 
values are plotted in Figure 4-10 exhibiting the dominant effect of elevated permittivity values on the 
field distribution. On the other hand, tissue conductivity had negligible effect, and the maximum field 
values are listed in Table 4-1. Field penetration depth reached 1.5mm at relative permittivity εr = 
1x10
5
 which dropped to 1mm at εr = 1x10
6








Table 4-2. Maximum electric field intensity [V/m] for different tissue dielectric properties 
Permittivity Conductivity 
00.02 00.04 00.06 00.1 00.2 00.3 
εr = 1x10
4
 948 948 946 946 946 946 
εr = 5x10
4
 502 502 502 502 502 502 
εr = 1x10
5
 369 369 369 369 369 369 
εr = 5x10
5
 134 134 134 134 134 134 
 
Figure 4-10. Maximum electric field intensity (V/m) vs. conductivity for different relative 
permittivities 
The effect of tissue dielectric constant on the field intensity distribution for relative permittivity 
εr = 1x10
4
 up to εr = 1x10
6
 was modeled using power relation with confidence bounds of 95% and 
modeled in equation 3.4 with RMSE = 64.56 and maximum coefficient of determination R
2
 = 94%, 
the model is plotted in Figure 4-11. 
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This model included the encapsulation tissue layer and its thickness was varied from 0.1 to 1mm with 
0.1mm increments to investigate its effect on the field distribution. Figure shows the gray box 
representing gray tissue, and the red box representing the encapsulation layer. The results inferred 
that field intensity was inversely proportional to the capsule thickness. In order to compensate for the 
field attenuation due to the formation of the capsule, the stimulation pulse was modified to maintain 
the targeted depth of the electric field. The results were modeled to demonstrate the effect of capsule 
thickness (TCapsule) on the field distribution and the extracted model equation is: 
    (        )      (        )
     
     ... (3.5) 
With R
2





Figure 4-12. Maximum electric field intensity vs. capsule thickness (TCapsule) for tissue 
permittivity of εr = 5x10
4




The electrode displacement within the tissue was included by changing the gray tissue layer thickness 
(TGray) from 0 to 2mm; this simulated the change of the electrode proximity to the gray-white tissue 
boundary. The results in Figure 4-13 exhibited a pinch in the field lines at the gray-white matter 
boundary (red-gray boxes respectively) associated with more dense distribution of the field 
equipotential lines. As a result; electric field penetration within the gray matter dropped. The effect of 
gray tissue thickness (TGray) on the field intensity was modeled by equation 3.6 with R
2
 = 98.5%, and 
RMSE = 34.6. 
    (     )       (     )
      
        ... (3.6) 
4.6 Modeling Miniature Electrodes 
It is required to miniaturize the electrode, increase its recording density and integrate current steering 
capabilities. Miniaturizing electrode dimensions and pad size should maintain the proper and safe 





electrode, and its cylindrical structure was modified into a planar layout with stimulation pads at both 
sides, each representing a stimulation channel. The planar model is shown in Figure 4-14 and had 
cross-section of 1280x280µm and pad length, width and thickness of 2000x1280x20µm respectively. 
The 11.5mm electrode model had 8 pads on both sides 500µm apart. The electric field distribution is 
shown in Figure 4-15 and the maximum values were estimated to be 2.348KV/m and 2.06KV/m in 
the normal and horizontal directions respectively with respect to the stimulation pads. These values 
were in good agreement with the original Medtronic 3387 electrode with cylindrical shaft in Figure 
4-16. The higher electric field values along the normal plane was justified by the superposition of 
stimulation pulses generated by the pad located at the back of the electrode. 
 
Figure 4-13. Maximum electric field intensity vs. gray matter thickness (TCapsule) for tissue 
permittivity of εGray Tissue = 1x10
5
 and 𝛔Gray Tissue = 0.1S.m-1, εWhite Tissue = 2x10
4




However, miniaturizing the pads to 50x117µm significantly raised the electric field to 





4-17. This implied that conventional stimulation patterns had to be adjusted, otherwise electric field 
values would drastically increase and the physiological response and tissue safety might be 
compromised. Furthermore, superimposed fields generated by the backside pads would interfere with 
proper localized distribution of electric fields. The voltage level of the stimulation pattern was 
downscaled tenfold and the electric field levels were comparable to the Medtronic 3387 electrode 
simulations. 
 
Figure 4-14. Medtronic 3387 DBS electrode planar model 
 
Figure 4-15. Electric field distribution of the planar model for Medtronic 3387 DBS electrode 





The electrode width was varied from 50 to 1600µm to study its effect on the electric field distribution. 
An electrode with small width within the same order of magnitude as the pad dimensions produced 
higher field intensities compared to that with larger width. In addition, it exhibited less field 
penetration depth within the brain tissue (in Figure 4-18: blue rectangle represents the electrode 
width). The low field values associated with small electrode width was a result of high tissue 
permittivity at quasistatic stimulation frequencies. This lead to shallow penetration within brain tissue 
as the field was intensified near the pads. The relationship between the electrode width and field 
intensity for given pad width (50x50µm) was plotted in Figure 4-19. 
 
Figure 4-16. Electric field distribution of Medtronic 3387 DBS electrode 
Pad Size 
The rectangular pads modeled for this analysis had a length of 50µm, and the width was varied from 
20 to 100µm. Small area pads yielded higher intensities and shallower field penetration. This can be 
exploited to modulate the field distribution and intensity within brain tissue by controlling the 
effective pad width relative to the electrode width. A practical implementation was an array of closely 
packed pads that can be fired in phase to form a single wide stimulation port with adjustable 
dimensions [186]. However, maximum pad dimensions were limited by electrode size limitations as 





 to maintain the functionality of a stimulation electrode [91]. 
Pads layout 
The relationship between the pad gaps and the electric field intensity was plotted in Figure 4-20, and 




significant. The vertical gap between the pads was varied from 50 to 550µm and Figure 4-21 shows a 
layout with a 4x4 pads matrix. The results also inferred that pads spacing should be 2 to 4 times its 
dimensions for optimal packing. This was in agreement with experimental results for single neuron 
spike recording reported in [17], in which the 50µm pads were spaced by 100 to 150µm to avoid 
overlap between recording channels. 
 
Figure 4-17. Normal plane field values for intra-cortical microelectrode 
 
Figure 4-18. Electric field distribution for different electrode widths, Left: 50µm, Right: 





Figure 4-19. Effect of electrode width on field distribution 
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Horizontal gap: 50µm, vertical gap: 50µm 
 
Horizontal gap: 50µm, vertical gap: 450µm 
 
Horizontal gap: 450µm, vertical gap: 50µm 
 
Horizontal gap: 500µm, vertical gap: 450µm 
Figure 4-21. Electric field distribution for different pads layouts 
4.7 Metal Planes 
Metal planes can be integrated within the electrode shaft to provide structural rigidity and mechanical 
support during electrode insertion and operation. This section investigates the influence of electrically 
floating metal plane on the electrode electrodynamics. Several electrode designs with different metal 
layer configurations were modeled and simulated, and the results were compared with a control 
design of an electrode without metal reinforcement. The stimulation signals were fired from the pads 




zone). The field intensity was estimated at both sides of the electrode to investigate the effect of the 
metal plane in isolating the field at the idle plane. The electric field distributions for regular electrode 
and another with metallic plane are presented in Figure 4-22. The results exhibited that single metallic 
layer attenuated the field in the idle zone resulting in shallower field penetration and less intensity 
values. Adding a second metal plane improved the field isolation and attenuation in the idle zone as 
shown in Figure 4-22, however, a third metal plane did not contribute significantly to the field 
attenuation. To investigate the efficacy of the metal plane in blocking the electric field propagation, 
the plane was divided into strips as shown in Figure 4-23 and the width was swept from zero and 
increased to form a solid plane, and the results showed that metal strips of different widths yielded 
attenuation similar to solid a metallic plane. 
   
Figure 4-22. Electric field distributions: Left: single side stimulation without an intermediate 
metal plane, Middle: with intermediate metal plane, Right: with two intermediate metal planes 
 





The objective of the electromagnetic analysis was to investigate the effect of microelectrode design 
parameters and tissue properties on the electric field distribution and intensity within the brain tissue, 
study the effect of miniaturizing electrode dimensions, and explore methods of current steering. Finite 
difference time domain (FDTD) was used for modeling and simulating the microelectrodes and brain 
tissue. The tissue models were created based on Gabriel biological tissue models. Due to the lack of 
low frequency data illustrating the operation levels of the electric field intensity and distribution 
associated with intra-cortical stimulation, the Medtronic 3387 DBS electrode was modeled and 
analyzed to provide reference data for developing the intra-cortical microelectrode design. The 
Medtronic 3387 electrode had ring pads and a modified model was created with planar pads to 
validate planar models which were then miniaturized to investigate the performance of 
microelectrodes. Miniaturizing the stimulation electrodes exhibited a remarkable increase in the 
electric field intensity, and the stimulation voltage levels had to be customized for microelectrodes.  
The simulation results exhibited that the electric field distribution in ambient brain tissue was 
affected by: pad size and layout, stimulation pulse characteristics and firing pattern, tissue dielectric 
properties, electrode dimensions and non-homogenous tissue structure. Expanding the pulse width 
produced higher field levels, and the pulse amplitude affected the field intensity without changing its 
distribution. The electrode width affected the field intensity such that widths of the same order of 
magnitude as the stimulation pad dimensions yielded high field intensities and less penetration within 
the tissue compared to wider electrodes. Pad size exhibited inverse relation with field intensity, and 
expanding the gap between pads increased the field penetration within the tissue. The encapsulation 
tissue layer created in response to implanting a foreign body attenuated the electric field. 
Pad arrays were also modeled to investigate their efficacy in manipulating the spatial accuracy 
of charge delivery and field shaping through current steering. The simulation results exhibited the 
ability to manipulate the electric field distribution within brain tissue though controlling the ratios of 
the differential stimulation signal components between pad pairs. 
Finally, the study explored the effect of integrating metal reinforcement planes on the 
distribution of the electric fields within the brain tissue. Simulations verified the ability to improve 
the spatial charge delivery by adding electrically floating metal planes at the backside of the electrode 
which attenuate the field intensity at the idle zone (the region to the back of the stimulation pad), and 
accordingly, can be used for controlling the field distribution and avoiding stimulation of untargeted 
neural structures. 
In conclusion, the electromagnetic modeling and simulation results verified the ability of 
microelectrodes with miniature pads to replicate the electric field distribution generated by the FDA 
approved and commercially available stimulation electrodes. However, due to the scarcity of low 
frequency experimental data for the tissue dielectric properties, the available models require further 





Structural Analysis of Intra-Cortical Microelectrodes 
5.1 Introduction 
The electrode mechanical performance is influenced by several parameters including the electrode 
layout, architecture and material. It was required to develop an electrode with a rigid structure capable 
of penetrating through the tissue without the need for insertion assistive device to minimize tissue 
trauma. Yet, its structure has to be flexible and match the ambient tissue stiffness to minimize post 
implantation tissue trauma. These mechanical properties had to be provided through a small footprint 
design to improve the electrode biocompatibility. Achieving flexibility and rigidity introduced design 
challenges, and finite element mechanical modeling and analysis using Ansys Workbench 12 was 
employed in the design process. Several layouts were modeled (Table 5-2) and analyzed to identify 
the competent designs capable of satisfying the mechanical requirements. 
The insertion force was estimated from literature and the mechanical failure modes were 
identified for brittle and ductile materials. The electrode would fail buckling due to axial loading and 
fracture due shear forces. Safety factor of 5 was assumed and the different proposed layouts were 
modeled to estimate the failure loads and the minimum electrode dimensions. The main degree of 
freedom was the shaft thickness, and the recommended thicknesses for the different layouts and 
materials were calculated. Finally, strain relief sections were modeled and investigated to improve the 
electrode mechanical performance and enhance its biocompatibility. 
5.2 Forces Acting on the Electrode 
During insertion, the electrode is subjected to three mechanical forces outlined on the free body 
diagram in Figure 5-1 [146]. The tip force represents the axial reaction acting on the electrode tip 
during penetration, and the clamping force acts normal to the electrode surface. The friction force is 
exerted along on the electrode surface and estimated as the product of the normal force acting on the 
surface and the coefficient of friction. These forces are superimposed to form the total axial reaction 
force acting on the electrode during insertion. The applied insertion force should overcome the total 
reaction force for successful penetration without driving the electrode into any of the various 
mechanical failure modes. The mechanical properties of various types of tissue define a wide range of 
penetration forces, and experimental results documented in literature estimated the penetration force 
to range between 1 to 10mN [189][190][191][79], which is 2 to 3 orders of magnitude lower than the 
penetration force of epidermal tissue estimated to be 1N [164][165][166]. 
5.3 Electrode Mechanical Failure Modes 
The electrode is prone to mechanical failure during insertion through two modes: buckling and 
fracture [170]. Several materials were tested for implementing the electrode structural layer, and the 




silicon, SU-8) experiencing uniaxial stresses undergo elastic deformation and when the stress level 
exceeds yield strength, they exhibit negligible plastic deformation followed by fracture. Therefore; 
ultimate tensile strength (UTS) is the design parameter considered as the maximum loading limit for 
brittle structures. On the contrary, ductile materials (e.g. metals and flexible polymers) respond to 
uniaxial stress by elastic deformation until yield is reached, followed by plastic deformation and 
eventually cracking leading to fracture. Ductile material would fail if the maximum shear stress 
exceeds the maximum shear yield strength of the material. 
 
Figure 5-1. Forces acting on the electrode [146] 
Table 5-1. Young moduli of different human tissue [146] 
Layer Young modulus [MPa] 
Stratum corneum 12000 
Viable epidermis 16 
Dermis 12 
Average value for brain tissue 8.863 
Miniature brittle structures 
The probability of defect existence deteriorates the fracture strength of brittle materials, and for 
silicon it is estimated to be 7GPa [192]. However; anisotropic etched silicon membranes with sharp 
edges exhibit fracture of strength of 300MPa [193], inferring stress concentration factor of 33 at sharp 
walls and corners. Taechung Yi reported fracture strength of <110> silicon samples to be 0.6 to 
1.2GPa and is affected by the etching process [194]. Miniaturizing silicon structures diminishes the 
probability of existence of critical crack and will push the material properties to the defect free 
theoretical limit, consequently; increasing the structure’s fracture strength. Experiments [195] 
reported increase in the fracture strength of polysilicon associated by length decrease, and this was a 
result of a drop in the probability of critical crack. 
Experimental results in [15] reported that silicon shafts with cross-sectional area below 
2000µm
2
 were much more flexible and compared to bulk silicon, its fracture stress increased by a 







dimensions. Small structures exhibited magnified stress endurance because the probability of 
occurrence of surface defects and imperfections drops [15]. 
5.4 Buckling Analysis 
Buckling is a failure mode that occurs in slender structures when the axial force exerted on the shaft 
exceeds a threshold value identified as the critical load and disturbs its structural equilibrium. This 
drives the column into an unstable state and the electrode shaft geometry will collapse into buckling 
modes. The critical instance during electrode insertion is just before tissue penetration at which the 
axial load and the electrode effective length are at their maximum values [171]. The value of the 
critical load is function of electrode geometry and material as well as end supports configurations. 
Buckling resistance drops with the presence of material defects, geometrical asymmetry, and 
eccentric loading which introduces bending moments and promotes curvature. In order to avoid 
buckling failure, the electrode should be designed to have a critical load beyond the force required for 
tissue penetration; otherwise; an insertion support tool will be required. 
During penetration, the electrode base is held by tweezers while the tip propagates through the 
tissue and its displacement is restricted along the penetration direction. This is a fixed-pinned loading 
condition, however; the more stringent fixed-free configuration was assumed. Shafts with uniform 
cross-sections were modeled to calibrate the simulator using analytical techniques. 
5.4.1 Buckling analysis simulation model 
The electrode was modeled for Eigen buckling analysis, and different layouts were modeled and 
analyzed. The critical loads were estimated to represent the forces provoking buckling failure, and the 
simulation model for a sample electrode layout is shown in Figure 5-2. Unity axial force was applied 
to the electrode base, while the tip was constrained in all directions to create fixed-free loading 
condition. The force was ramped and the critical load was estimated, and finally the buckling mode 
was extracted and plotted. 
5.4.2 Analyses results 
Rectangular cross-sections 
A shaft with uniform rectangular cross-section was modeled to investigate the influence of different 
electrode parameters on its mechanical performance. The shaft width was fixed at 130µm while the 
thickness was varied from 20 to 200µm. A 3mm silicon or stainless steel shaft with thickness of 
20µm had a critical load of ~5mN, which dropped to ~0.9mN for 6mm shaft. Safety factor of 10 
(~10mN) was acquired for 3mm shaft with a thickness of 30µm, and 50µm for 6mm shaft. Electrodes 
designed for application in rodents had 1mm shafts yielding a critical load of 40mN for a thickness of 
20µm. Polyimide sheet and SU-8 epoxy photoresist were modeled as the structural material. 
Polyimide rectangular shaft required a thickness of 140µm to survive a critical load of 10mN for a 
6mm shaft which dropped to 92µm for 3mm shaft. As for SU-8, 6mm shaft provided critical load of 





Figure 5-2. Fixed-free Eigen buckling model 
Proposed electrode layouts 
Several electrode layouts were proposed in pursuit of a design that would accommodate large number 
of channels and satisfy the mechanical requirements and the proposed layouts are presented in Table 
5-2. In general, the prototypes had shafts long enough to reside within 3mm inside the tissue and 
carry the interface pads, while the bases were large to facilitate handling and provide large 
interconnect pads for easy connections. The shafts in prototypes A, B, E, and F had lengths of 3mm 
and were extended in C and D, in general, the total electrode length was about 6mm. The interconnect 
pads on prototypes C, E and F were arranged transversely while in A, B and D were longitudinal. The 
electrodes models were analyzed to explore their mechanical performance, and parametric modeling 
and sensitivity analysis were employed to determine the effect of electrode dimensions and material 
properties on the critical load. The implantable shafts had fixed lengths of 3mm and the thickness was 
swept from 50 to 200µm. Several materials were modeled and the critical loads were estimated 
assuming fixed-free loading conditions. 
Critical loads for the different layouts and materials are listed in  
Thin silicon and stainless steel structures satisfied the mechanical requirements to avoid 
buckling failure scoring a minimum safety factor of 23 for layout D with thickness of 50µm. On the 
other hand; the minimum thickness of a polyimide electrode to barely survive buckling was 100µm 





Table 5-3, and plotted on the histogram in Figure 5-3. The first buckling modes of silicon 
electrodes are shown in Table 5-4 to illustrate shaft deformation due to axial forces. Results 
comparison showed that layouts E and F were the most stable, while layout C was the most 
vulnerable to buckling failure due to the abrupt change in the cross-section. Layouts E and F had 
wider shafts which explain their high resistance to buckling, and electrode dimensions are provided in 
Chapter 3. Silicon and stainless steel electrodes exhibited superior performance to resistant buckling 
failure, and 50µm silicon would survive the applied axial forces. The moduli of elasticity for silicon 
and stainless steel are of close values (ESilicon = 180GPa, EStainless-Steel = 200GPa), accordingly; the 
critical loads for both materials were within proximity demonstrating. On the other hand, the critical 
loads associated with polyimide and SU-8 structures were very low due to their mediocre moduli of 
elasticity, and 50µm shafts would fail. The safety factor was calculated according to equation 5.1 
[196]: 
              
           
          
 ... (5.1) 
where; Failure load: Critical load. 
 Design load: Penetration force estimated to be 1mN [189][190][191][79]. 
The safety factor calculated for silicon electrodes was 23 for layout D with thickness of 50µm, 
thus, silicon satisfies the mechanical requirements to avoid buckling failure, and similarly for 
stainless steel. However, the minimum thickness of a polyimide electrode to barely survive buckling 
was 100µm. 

















Thin silicon and stainless steel structures satisfied the mechanical requirements to avoid 
buckling failure scoring a minimum safety factor of 23 for layout D with thickness of 50µm. On the 
other hand; the minimum thickness of a polyimide electrode to barely survive buckling was 100µm 





Table 5-3. Critical loads [mN] for different layouts: Fixed-free Eigen buckling analysis 
 Silicon Stainless steel SU-8 Polyimide 
 50µm 100µm 200µm 50µm 100µm 200µm 50µm 100µm 200µm 50µm 100µm 200µm 
A 24.8 197.8 970.8 27.5 219.9 1079.1 0.68 5.4 27 0.44 3.5 17.3 
B 24.5 195.4 901.6 27.2 217.1 1002.3 0.67 5.4 25 0.435 3.48 16.1 
C 22.7 121.6 246.7 25.2 135.9 276.4 0.62 3.3 6.6 0.404 2.2 4.51 
D 22.6 180.2 1441.5 25.1 200.3 1602.5 0.62 5 40 0.402 3.2 25.7 
E 51.6 412.8 3294.8 57.4 459.0 3663.7 1.4 11 90 0.92 7.4 59 
F 47.6 379.8 3032.6 52.9 422.2 3371.5 1.3 10 83 0.85 6.8 54 
 
 
Figure 5-3. Histogram of critical loads for different electrode layouts: Fixed-free Eigen buckling 
analysis – Silicon 
50µm 100µm 200µm
A 24.8 197.8 970.8
B 24.5 195.4 901.6
C 22.7 121.6 246.7
D 22.6 180.2 1441.5
E 51.6 412.8 3294.8







































5.5 Electrode Fracture 
Buckling failure represents one of the failure modes that challenge the electrode mechanical 
performance. It assumed axial loading, however, the electrode is also subjected to shear forces which 
would trigger fracture. The maximum principal stress theory (Rankine criterion) was adopted for the 
analysis of brittle materials. It states that failure occurs when the maximum principal stress reaches 
the ultimate tensile strength (UTS) determined from uniaxial testing, and similarly for compressive 
stress. The three principal stresses at any point (ζ1, ζ2, ζ3) may comprise tensile and compressive 
components, and the largest positive value represents the maximum tensile stress, while the smallest 
negative value is assigned for the maximum compressive stress. This is due to the fact that brittle 
materials do not yield and undergo plastic deformation, but fail by fracture upon reaching the ultimate 
tensile stress. 
As for ductile materials, the response to axial stresses commences with yielding followed by 
plastic deformation, necking and finally hardening and cracking. Shear yield strength of ductile 
materials is approximately half of the tensile (or compressive) yield strength, therefore ductile 
materials fail through shear rather than tension or compression loading, accordingly; the maximum 
shear stress is considered the design factor of safety. Ansys 12 stress analysis tool was used for 
estimating the fracture safety factor utilizing the appropriate criteria according to the material 
properties, and a safety factor of 5 was considered the minimum safe. 
Two sets of analyses were executed to estimate the shear forces exerted on the electrode in 
response to axial and shear loading. The safety factor was estimated by comparing the failure and 
design loads using equation 5.2 as defined in Ansys theory manual, and a value equal to or greater 
than 5 was considered acceptable. Finally, safety factor distribution contours indicating the ratio 
between maximum stress and maximum strength were plotted for the different models. These plots 
graphically illustrate the magnitude of shear stresses and identify high stress spots. The provided 
information assisted in tuning the layouts to avoid points of stress concentrations which act as stress 
raisers. 
              
           
          
 
      
  
 ... (5.2) 
where; Failure load (SLimit): Tensile ultimate stress, or maximum shear stress. 
Design load (ζ1): Maximum tensile stress, or maximum yield strength. 
5.5.1 Axial and shear loading 
The first analysis was an extension to the buckling failure study and was executed to estimate the 
maximum principal and shear stresses due to axial loading. Unity force was axially applied and fixed-
free end conditions were assumed. The maximum stresses were calculated and compared to the yield 
and shear strengths according to the material type (ductile or brittle), and a minimum safety factor of 
5 was targeted. The simulation model is shown in Figure 5-4, and the analyses were executed for 
brittle (silicon, SU-8) and ductile (stainless steel, polyimide) structures. During implantation and 




create off plane deformation. Accordingly, in the second static structural analysis, the electrode was 
loaded with 1mN shear force equivalent to the value of the force required for electrode insertion and 
fixed-free support conditions were assumed. The finite element models for both analyses are shown in 
Figure 5-4. 
5.5.2 Simulation results 
Axial loading 
The simulation results exhibited the superiority of silicon electrodes to resist axial loading. Silicon 
shafts with thickness of 100µm achieved an acceptable safety factor of 15 throughout the critical 
spots except for layout D. The asymmetry of layout D concentrated the tensile stresses along one of 
the sides which caused the safety factor to drop below 5 (Table 5-5.D-200µm). As for the 50µm 
silicon electrodes, several designs exhibited acceptable performance except for some high stress 
regions that might cause fracture as shown in layouts A and B (Table 5-5.A-50µm, B-50µm). 
Stainless steel electrodes (Table 5-6) followed silicon in failure resistance. Most of the 50µm stainless 
steel structures had minimum safety factor of 5 which would survive axial compression and the 
minimum required thickness to achieve the targeted safety factor was 100µm. On the other hand, 
polyimide and SU-8 had inferior mechanical properties compared to silicon and stainless steel, and 
the minimum thickness required for polyimide to survive the mechanical loading was 150µm as 







Figure 5-4. Failure analysis models, Left: Axial loading, Right: Shear loading 
Although silicon predominated the mechanical performance, but, flexible substrates were 
preferred for the chronic electrode fabrication. Flexible substrates respond elastically to external 
stresses with the ability to restore the original shape after the force is withdrawn. Increasing the axial 
force beyond the yield point would result in permanent deformation without fracture until the ultimate 
strength is reached. In contrast, brittle (silicon) electrodes would undergo fracture right after crossing 
the yield point which makes them less attractive for long term in vivo applications. Furthermore, 
polyimide, easy to process and biocompatible, these properties makes it competent for electrode 
implementation. 
Shear loading 
Shear forces applied on the electrode shaft created tensile stresses in one side and compressive 
stresses along the other. Silicon electrodes analyses showed that the side experiencing compressive 
stresses did not undergo failure as the ultimate compressive strength for a brittle material was greater 
than the tensile strength. Consequently, silicon electrodes of different layouts and thicknesses 
exhibited large safety factors along the compressed side; and the 50µm layout A is presented as an 
example in Table 5-8-A-50µm. The results recommend a minimum thickness of 200µm to prevent 
fracture during insertion assuming a single crystal defect free structure. However, layout D exhibited 
vulnerable response to shear stress at 100µm. 
The safety factor distribution contours for axially loaded stainless steel electrodes are plotted in 
Table 5-6, and in contrast to axial loading, stainless steel surpassed silicon. Stainless steel shafts as 
thin as 50µm demonstrate acceptable performance with a minimum safety factor of 5, and 100µm 
shafts achieved safety factor of 15 throughout the structure. As for polyimide (Table 5-10) and SU-8, 




thickness beyond 100µm to realize the required performance. The recommended thicknesses for the 
different layouts and materials are listed in Table 5-11. 























































































































Table 5-11. Minimum thickness recommended for different electrode designs and materials 
(safety factor = 10) 
Layout Silicon Stainless steel Polyimide SU-8 
A 200µm 100µm >200µm 200µm 
B 200µm 100µm >200µm 200µm 
C 100µm 100µm 200µm 100µm 
D 200µm 200µm >200µm 200µm 
E 200µm 50µm 200µm 200µm 
F 200µm 50µm 200µm 200µm 
5.5.3 Array shear loading 
Mechanical modeling and simulation of single shaft electrodes exhibited that layouts A and B are 
competent to satisfy the mechanical requirements and electrode dimensions constraints. Layout B was 
preferred for microfabrication considerations and was chosen to create the multi shaft electrode which 
provides 2-D array of interface channels. The array was designed to have four shafts with inter-shaft 
distance of 1mm. The array was modeled to investigate its response to shear loading and 10mN force 
was applied normal to the electrode base while the shaft tips were fixed to realize fixed-free support 
conditions. 
Forces were loaded in two different configurations; in the first model, it was applied to the base 
top edge, and in the second, the force was divided into 2 equal components, each was applied to the 
one of the base sides as shown in Figure 5-5. Safety factor distribution for silicon, stainless steel and 
polyimide structures are plotted in Table 5-12, Table 5-13 and Table 5-14 respectively. In comparison 




arrays experienced lower stresses when the forces were applied along the edge sides and this will 
influence the design of the insertion mechanism. However, stainless steel achieved the targeted safety 
factor at a thickness of 100µm compared to 200µm for silicon, and finally, polyimide demonstrated 
acceptable performance at 200µm. 
 
Figure 5-5. Array shear loading model, Left: Base edge loading, Right: Base sides loading 
Table 5-12. Safety factor distribution for shear loading of electrode array – Silicon 









A-50µm – Back side 
 












Table 5-13. Safety factor distribution for shear loading of electrode array – Stainless steel 
















Table 5-14. Safety factor distribution for shear loading of electrode array – Polyimide 





5.6 Mechanical Modeling of Brain Tissue 
Tissue mechanical modeling was required for studying the electrode behaviour during insertion and 
the interaction between the electrode and tissue; and provided knowledge required to optimize the 
electrode mechanical design and the associated insertion mechanism. Human soft tissue is an 
incompressible material due to the high water content, and exhibits time independent (hyperelastic) 
and time dependent (viscoelastic) deformations. Hyperelasticity refers to materials which can 
experience recoverable large elastic strain. The viscoelastic properties can be neglected due to the fast 
deformation of the tissue in response to stresses [197][198], thus soft and muscle tissue can be 
modeled as hyper elastic materials, while bones and tendons are linearly elastic. Post-mortem 
mechanical properties of soft tissue are characterized by increased stiffness which makes in vitro 
characterization and measurements erroneous [199]. Yet, fresh and stored tissue demonstrates the 
same stress-strain relation pattern [200]. 
Brain tissue composition 
Brain tissue can be divided into two structure layers; gray matter which is made up of neural cell 
bodies, unmyelinated processes and neurogilia, and white matter comprising myelinated axonal 
fibres, supporting cells and blood vessels. The brain is surrounded by meningeal membranes formed 
of three protective layers: dura matter (outermost layer), arachnoid, and cranial pia matter directly 
above the brain tissue. 
Tissue response to insertion 
During insertion, the electrode punctures the pia membrane which causes brain compression, 
dimpling and trauma [189][190]. Traumatic brain injury (TBI) studies [201] showed that cortical 




significant cognitive deficits, necrosis of cortical tissue at the site of compression, and changes in 
blood flow. One way to reduce brain trauma is to reduce the pia structural integrity and stiffness of 
the pia by piercing, this also allows implanting microelectrodes with smaller footprint into the brain. 
Rate dependence 
The effective modulus of elasticity for viscoelastic materials is a function of rate of stress application 
which is represented by the electrode insertion velocity. Faster loading (insertion) raises the tissue 
elastic modulus inducing less strain [202][203][204]. The brain inertia resulting due to its density 
concentrates the electrode penetration force across the meninges layer; as a result, high insertion 
speeds can rupture the meninges, while low speeds elastically compress the brain tissue causing 
incomplete insertion and trauma [31]. Strain rate is considered fast at 500mm/min, medium at 
5mm/min, and slow at 0.005mm/min, and the medium insertion rate is commonly used for insertion 
[200]. 
Brain tissue modeling 
Experimental data were acquired from uniaxial, quasi-static cyclic tension/compression test at a speed 
of 5 mm/min for fresh brain tissue [200] and the results were processed using Ansys 12 curve fitting 
tool to identify the appropriate numerical brain tissue model. Several models were tested including 
polynomial, Mooney-Rivlin, Neo-Hookean, Yeoh and Ogden of different orders. A 3 parameters 
Mooney-Rivlin hyper elastic model provided the best match and valid material constants; whereas 2
nd
 
order polynomial and 5 parameters Mooney-Rivlin model produced good matches but generated 
negative material constants. The model parameters are listed in Table 5-15 and the data set is 
provided in Appendix E. 
The electrode and skin were modeled to estimate the stresses acting on the electrode shaft 
during implantation and the FEM model is shown in Figure 5-6. The electrode modeled had a 3mm 
shaft and a rectangular cross section (50x100µm) which represents average dimensions for the actual 
electrode shaft, and half symmetry was used. The electrode was axially loaded with 1mN which is the 
force required for skin penetration and the electrode tip was constrained to displace along the 
direction of the penetration force. The tissue outer boundary was fixed and the electrode-skin 
interface was modeled as a rough contact. The simulation was executed for silicon and stainless steel 
electrodes, and the results for silicon are shown in Figure 5-7. The maximum principal stresses were 
estimated and the safety factor distribution was calculated for the electrode and plotted in Figure 5-7. 
The results show that the electrode shaft will survive the penetration forces, and similarly for stainless 





Figure 5-6. Electrode-skin penetration model 
 
Figure 5-7. Simulation results for silicon shaft, Left: Deformation, Right: Safety factor 
distribution 
Table 5-15. Three parameters Mooney-Rivlin hyper elastic model 
C10 151.42 125.68 
C01 42.262 51.579 
C11 1046.2 2015.6 




5.7 Strain Relief Cross-sections 
Implanted electrodes are usually tethered to electronic circuits attached to the skull, this makes the 
electrode shaft susceptible to dislocation and motion artifacts induced by tissue displacement (refer to 
section 2.4). The tethering effect could be resolved by modifying the electrode design to minimize 
stress transfer from the base to the shafts. A segment of the electrode stem was thinned to decrease its 
ability for stress transfer and the tendency to resist bending moments. Several cross-section 
modifications were proposed in Figure 5-8, and finite element models were created and simulated to 
estimate the electrodes deformation in response to 1mN shear force and the simulation model is 
shown in Figure 5-10. The model included a block to model the tissue support against the applied 
force, and the tissue block was modeled as described previously in section 5.6. 
Figure 5-10 demonstrates the deformation of the different electrodes represented by the 
maximum displacement of the electrode base. The deformation of the original electrode design with a 
thickness of 125µm was taken as a reference, and the results showed that design A with 75µm deep 
trench exhibited maximum displacement which indicated its low ability to resist deformation and 
transfer stress to the shafts. The other designs exhibited comparable responses, and Figure 5-11 
represents a comparison between the deformation ratio of the different layouts to the original cross-
section, and the deformation ratio was calculated as: 
                   
                                            
                                     
   ... (5.3) 
  
 





Figure 5-9. Flex cable simulation model 
 











































Figure 5-11. Comparing deformation ratios of different cross-section modifications 
5.8 Conclusion 
This chapter presented an elaborate discussion for the mechanical modeling and analyses of the 
electrodes and several prototypes were proposed (Table 5-2) and analyzed in pursuit of layouts that 
would satisfy the design requirements. A competent design would provide shaft surface that suffices 
accommodating more channels while minimize the footprint to reduce tissue trauma. Finite element 
models were created for the different layouts, and parametric and sensitivity analyses were executed 
to scrutinize the effects of the different design parameters on the electrode mechanical performance, 
including electrode materials, dimensions and geometry. Various analyses techniques were used in 
evaluating the electrode mechanical performance including: Eigen buckling analysis, linear static 
analysis with axial and shear loading, and failure analyses for brittle and ductile materials, and the 
qualified layout was used for the single and multi-shaft electrode implementation. 
Silicon exhibited supreme resistance to buckling failure during implantation followed by 
stainless steel. On the other hand; the minimum thickness of a polyimide electrode to barely survive 
buckling was 100µm with a minimum safety factor of 2.2. Further analyses demonstrated that the 
electrodes are more vulnerable to failure due to shear loading which induces fractures. Shear analysis 










































with thick cross-sections can replace stainless steel. The recommended minimum thicknesses for 
different layouts and materials were listed in Table 5-11. A quad shaft array electrode was formed 
using the competent single shaft layout and was modeled to study the effect of different support and 
loading techniques on the array mechanical performance. Finally, a comprehensive model integrating 
the electrode and brain tissue was developed to model the electrode-tissue interaction during 
penetration. In conclusion, the mechanical analyses results provided guidelines for the electrode 
design and material choice. A competent electrode layout was chosen for the single and multi-shaft 
electrode implementation. The mechanical modeling and analyses procedures are not limited to the 
electrodes introduced in this research, and can be customized for a wide range of designs. 
Although the flexible electrodes were designed to minimize tissue damage, however, long term 
(up to 12 months) histological study is required to verify the electrode biocompatibility and the 












Several electrode designs were proposed to satisfy a range of design requirements and applications. 
Novel electrode architectures were proposed and required developing appropriate fabrication 
processes. Electrode fabrication started with simple structures comprising single metallization layer to 
calibrate the fabrication processes and equipment. The following step was to implement the more 
complicated designs with multiple layers. Although the objective was to implement the electrodes on 
flexible; however, the preliminary prototypes were fabricated on silicon substrates to verify the 
fabrication process. Then the final prototypes were implemented on flexible substrates which 
introduced several challenges including adhesion, patterning and etching high aspect ratio features on 
polymers, thermal expansion leading to loss of alignment, and samples handling and processing. 
Several techniques were developed to tackle practical issues including assembly and interconnection 
of electrodes to circuits and measurement systems. This required design and fabrication of 
customized components including carrier wafers, interconnect cables and printed circuit boards. 
Finally, an array assembly technique was developed to implement 3-D electrode arrays while keeping 
the overall footprint at its minimal. The presented technique was employed in creating the Waterloo 
Array demonstrating multi-dimension intra-cortical flexible array designed for long term neuro-
interfacing. 
6.2 Electrode Materials 
Several materials were experimented to fabricate the different electrode components including 
structural, metallization, insulation and passivation layers. Brittle electrodes were made of silicon, 
while stainless steel and polyimide were chosen for the flexible structures. Isolation and passivation 
layers were made of silicon dielectrics (silicon-oxide and nitride) and polyimide thin films. The 
isolation layer thickness has to allow the reliable formation of the buried via using DC sputtering 
deposition. Different metals were tested for creating the metallization layers, for example aluminum, 
copper, chrome, gold and titanium, and the exposed pads were coated with gold or titanium to provide 
biocompatible tissue contact. The low resistance p-doped silicon wafers were passivated with a 
dielectric layer prior to metal deposition to eliminate short circuits. Flexible electrodes were 
fabricated on polyimide and stainless steel sheets, using polyimide thin films as the dielectric layers. 
6.3 Simple Single Shaft Recording Electrodes 
Simple layout recording electrodes were implemented to characterize and optimize microfabrication 
equipment and processes. These electrodes were not designed to satisfy the mechanical design 






The structural layer of the preliminary electrodes was made of polyimide thin film spin coated on 
silicon carrier wafer. The carrier wafer was prepared by RCA cleaning and dipping in BHF bath to 
remove the native oxide layer and facilitate detaching the polyimide electrodes. Metal thin film was 
deposited and patterned to create the pads and routing tracks, and then polyimide passivation layer 
was deposited. The passivation layer was patterned to expose the metal pads and form the electrode 
contour. Polyimide was patterned using dry etching and aluminum hard mask. Metallization layers 
were made of multiple thin films; chrome (or aluminum) provided the thickness required for 
achieving low DC resistance, and gold (or titanium) thin film was deposited to provide biocompatible 
contact. The single shaft electrode presented in Figure 6-1 provided 12 recording channels on 3mm 
shaft with a width of 550µm, and the pads were 20x20µm. The structural polyimide layer was 12µm 
which was not thick enough to realize a mechanically competent structure. The electrode shaft was 
expanded to 830µm and accommodated 40 recording channels as shown in Figure 6-2. However, this 
design would not comply with the biomedical design constraints due to the exaggerated shaft 
dimensions which would yield remarkable tissue trauma. 
 
Figure 6-1. Single shaft polyimide recording electrode with 12 channels: τ = 12µm, w = 550µm 
 





The simple single shaft layouts were implemented on 385µm silicon wafers using surface 
micromachining and silicon bulk processing. Although silicon provided the required mechanical 
strength; however, its brittle characteristics imposed further mechanical design challenges. The 
substrate was cleaned and coated with chrome-gold-chrome metallization layer. After patterning the 
metal layer, dielectric film (silicon-oxide) was coated using plasma enhanced chemical vapour 
deposition (PECVD) and patterned using ion-assisted plasma etching (reactive ion etching RIE) to 
expose the interconnect and recording pads. Finally, aluminum hard mask was deposited and 
patterned to define the electrode contour for deep reactive ion etching (DRIE). After electrode 
release, the aluminum mask and the top chrome layer protecting the pads were etched to expose the 
gold pads, and the electrodes are shown in Figure 6-3. 
 
Figure 6-3. Simple single shaft silicon electrodes 
An alternative layout with narrow shaft was developed, and two electrodes were designed to 
have 4 (Figure 6-4) and 7 (Figure 6-5) recording channels. The electrodes were implemented ton a 
silicon-on-insulator (SOI) wafer with a 50µm device layer. The 6mm shafts were 50µm in thickness, 
and had widths of 110 and 200µm for the 4 and 7 channels respectively (refer to section 3.4 for 
design details). The electrodes were fabricated using the previously developed silicon electrode 
process and an extra DRIE step was required to etch the back side of the SOI wafer using the oxide 
film as an etch stop layer. 
6.4 Recording and Stimulation Electrodes 
Recording/stimulation electrodes were elaborately discussed in section 3.11. The electrodes were 
implemented on flexible and brittle substrates using the fabrication procedures in section 6.3. The 
preliminary recording/stimulation electrode implemented on silicon substrate is shown in Figure 6-6, 







Figure 6-4. Single narrow shaft electrode with 4 channels (Layout A), Top: Before release, Left: 
Electrode tip, Right: SEM picture for the electrode tip 
 
  
Figure 6-5. Single narrow shaft electrode with 7 channels (Layout B), Top: Before release, Left: 





Figure 6-6. Single shaft silicon recording/stimulation electrode with 24 recording and 6 
stimulation channels, w = 1.1mm 
.  
 
Figure 6-7. Optimized pad layout for stimulation/recording electrodes with 9 recording and 8 
stimulation channels, w = 380µm, Top: Released electrode, Bottom: Electrode tip 
6.5 Double Metallization Layer Stimulation Electrode 
The double metallization layer stimulation electrode introduced in section 3.7 was developed to 
maximize the number of stimulation channels per shaft without increasing the electrode dimensions. 
The proposed electrode layout was implemented using novel architecture in which the metal 
structures were divided among two separate layers. The first layer formed the routing tracks and the 
other carried the pads, and the associated tracks and pads were connected using buried vias formed in 
the intermediate insulation layer. The electrode was implemented on silicon as well as polyimide 
substrates. 
6.5.1 Silicon electrodes 
The silicon electrode was fabricated on 385µm p-doped silicon wafer, and the experimental DC 
resistance measurements (section 6.5.3) stipulated the need to passivate the doped wafer to overcome 




metallization layer (metal-1) was deposited and patterned. Metal-1 layer thickness ranged from 300 to 
500nm and was made of aluminum. Metal patterning steps are shown in Figure 6-8, Figure 6-8-Left 
and Middle demonstrate the patterned photoresist mask, and the etched metal tracks are shown in 
Figure 6-8-Right. The second dielectric layer (dielectric-2) isolated the routing tracks and had a 
thickness of 350nm. Dielectric-2 was patterned to create the buried vias using RIE and aluminum 
hardmask, and the vias are shown in Figure 6-9-Left. In another run, the vias were formed using 
photoresist mask and wet etching in buffered hydrofluoric acid (BHF). However, the oxide vias 
suffered undercuts observed as colour gradients in Figure 6-9-Right. The over etched vias exposed the 
underlying tracks causing short circuits after depositing and patterning the second metallization layer. 
The short circuits were detected by measuring the DC electrical resistance between adjacent tracks 
which dropped from open circuit to ~3.7KΩ. In conclusion, dry etching using RIE was preferred. 
Via design was modified (refer to section 3.8) according to the DC resistance measurements 
results (refer to section 6.5.3) and was expanded from 6x100µm to 30x100µm. The routing tracks tips 
were altered to match the modified via design as shown in Figure 6-10 and the RIE etched vias are 
demonstrated in Figure 6-11. The second metallization layer (metal-2) comprised multiple thin films; 
starting with 800nm aluminum film formed using DC sputtering deposition to maintain good step 
coverage, and followed by deposition of chrome (30nm) and gold (50nm) to provide biocompatible 
interface. Metal-2 was patterned to create the exposed pads representing each channel, and the pads 
established contact with the associated tracks on Metal-1 through the buried vias. A final dielectric 
passivation layer (silicon-oxide or polyimide) can be coated and patterned to expose the pads, provide 
additional protection to the electrode surface and improve resistance to water uptake and 
delamination. Finally, the electrode contour was patterned and released using aluminum hardmask 
and standard Bosch silicon deep reactive ion etching (DRIE) process. Figure 6-12 and Figure 6-13 
demonstrate the different components on the electrode shaft including routing tracks, buried vias and 
stimulation pads. The released electrodes of different designs (single, double and quad shafts) are 
presented in Figure 6-14 through Figure 6-19. 
   
Figure 6-8. Metal-1 patterning, Left and Middle: Photoresist mask (tracks), Right: Metal-1 





Figure 6-9. Patterned vias, Left: dry etching using RIE, Right: wet BHF etching 
 
Figure 6-10. Photoresist mask for modified Metal-1 track tips 
 
Figure 6-11. Modified via patterned using RIE in dielectric-2 
 









Figure 6-13. Patterned metal layers demonstrating stimulation pads and routing tracks 
 
Figure 6-14. Double metallization layer stimulation electrode: SEM pictures for the electrode 







Figure 6-15. Double metallization layer stimulation electrode: SEM pictures 
 
Figure 6-16. Double metallization layer stimulation electrode: Quad shafts (aluminum pads), 
ℓshaft = 3mm, w = 130µm, pads = 110x110µm 
 






Figure 6-18. Double metallization layer stimulation electrode: Double shaft electrode for small 
rodents (gold pads), ℓshaft = 1mm 
 
Figure 6-19. Double metallization layer stimulation electrode: Ensemble of different layouts 
6.5.2 Stainless steel 
Metal sheets were proposed for the flexible electrode implementation to overcome the structural 
drawbacks of brittle silicon electrodes (refer to Chapter 5). Stainless steel alloy 304 was chosen as the 
electrode structural layer because of its biocompatibility and mechanical strength. The metal sheet 
was washed in pure acetone and IPA then a passivation layer of polyimide (PI-2562) was spin coated. 
The first metallization layer was deposited and patterned to form the tracks, and then the second 




create the buried vias. Finally, the second metallization layer was deposited and patterned to create 
the exposed pads. The substrate had rough and shiny surface which camouflaged the patterned 
alignment marks within the shiny substrate background. Several opaque dielectric coatings were 
experimented to overcome the metal sheet shiny finish including copper phthalocyanine (CuPc), 
acrylic paint and polyimide modified with dies. However, the thin spin coated layers were translucent 
in the bright light of the alignment microscope. Finally, alignment was successfully done using high 
magnification alignment microscopes (high magnification microscopes were not available when 
fabrication started). 
Metal substrate dicing and electrode release was major unresolved fabrication challenge that 
terminated the process. Metal thin films can be anisotropically etched using chlorine-based RIE or 
laser cutting; however, RIE etching depth is limited by the mask thickness and not applicable for 
50µm sheets. In addition, laser energy required for metal ablation was high enough to damage the 
patterned features on the electrode surface. 
6.5.3 Electrode DC resistance measurement 
The electrodes were visually inspected during fabrication and tested for open and short circuit faults 
using microprobe station, controlled voltage source and ammeter. I-V characteristic curves were 
plotted to estimate the track resistance, resistance between adjacent tracks and pad-to-substrate 
resistance. Figure 6-20 demonstrates the I-V characteristic curves of the silicon electrodes fabricated 
on p-doped silicon wafers and the average DC channel resistance ranged from 1.6 to 2KΩ. The track-
to-track resistance was anticipated to be open circuit; however, the measured resistance had an 
average value of 35KΩ which inferred resistive connectivity between the adjacent tracks through the 
structural layer. The fabrication recipe was modified and the wafer was passivated prior to metal 
deposition, and perfect isolation between the tracks was achieved. The double metallization layer 
electrode architecture was successfully implemented; however, the track DC impedance exhibited 
unanticipatedly high average resistance of 2.2KΩ. The high resistance was hypothesized to be the 
result of poor electrical connection between metal-1 and metal-2 layers. This was a result of poor via 
formation and filling due to the resolution limitation of the photolithography process. This was caused 
by t during fabrication. The patterned metal-1 layer is shown in Figure 6-8 and a close up picture of 
the patterned via is shown in Figure 6-9. The buried via design was altered to improve the electrical 
connectivity between the metallization layers (more details available in section 3.8) and the modified 





Figure 6-20. I-V characteristic measurements for p-doped silicon wafer without passivation 
6.6 Polyimide Electrodes with Integrated Cables (Flex Electrodes) 
The Flex electrode was created to include an integrated flexible interconnect cable, and the design 
was elaborately discussed in section 3.14. Polyimide offers flexibility, chemical stability and 
biocompatibility, and was chosen to create the structural, dielectric and passivation layers. The 
electrode was fabricated on 125µm Polyimide sheets, and the substrate was cleaned with acetone and 
IPA. Thin film of polyimide (PI-2562) was spin coated to provide a clean surface and improve 
adhesion to subsequent layers. The first metallization layer (Metal-1) was formed of chrome (200nm) 
and gold (700nm) films and was patterned to create the routing tracks. Chrome was used as an 
adhesion layer for gold, and a thick film was deposited to overcome surface roughness of the 
substrate sheet. The second dielectric layer spin was coated and patterned to create the buried vias 
using RIE and aluminum hardmask. Finally, the second metallization (Metal-2) layer was deposited 
(chrome-gold: 200-700nm) and patterned to create the exposed pads. 
The electrode was released using two different methods: Deep reactive ion etching process was 
developed to etch deep structures in polyimide. The developed recipe required high vacuum 
(5mTorr), high ICP power (2KW), temperature controlled electrode (5°C) and 1µm aluminum mask. 
The process successfully etched through 125µm polyimide substrate maintaining vertical walls with 
undercut less than 3µm. Laser dicing was also used for releasing the electrodes [207] and it waived 
the need for patterning a hard mask. Nevertheless, laser alignment had large error margin and the 
electrode contour was expanded by 30µm to avoid damaging the patterned features by the laser beam 























scanning with Φ50µm laser beam. The laser diced quad shaft Flex electrode is shown in Figure 6-21, 
and Figure 6-22 demonstrates close up views of the shaft showing the tracks, pads and vias. 
 




Figure 6-22. Close up views of the electrode shaft, the bottom figure is a dark field image for the 
shaft showing the pads, tracks and modified vias 
6.7 Multi-composite layer Recording Electrodes 
The multi-composite layer electrode architecture is a novel design created to multiply the number of 
channels on recording electrodes without expanding the shaft width, and the electrode design is 
elaborately discussed in section 3.12. 




6.7.1 Fabrication procedure 
The electrode was implemented on silicon substrate and the wafer was preconditioned with dielectric 
passivation (dielectric-1) layer to provide electrical insulation, and this was followed by depositing 
and patterning the composite layers. Each composite layer comprised multiple metallization thin films 
and a dielectric coat. The metal layer was made of three thin films, starting with chrome (300nm) as 
the main metal layer, then gold (50nm) to provide biocompatibility and finally titanium (50nm) as an 
adhesion layer to the subsequent layer. The metallization layer can also be made of chrome and 
titanium, and chrome is required to passivate the oxide during titanium wet etching due to the 
presence of HF acid in titanium etchant. Silicon-oxide (300nm) formed the dielectric layer and could 
be replaced with silicon-nitride. There were two methods to pattern the dielectric layers and expose 
the pads, either by patterning each dielectric layer individually or through single pattering step after 
depositing the topmost dielectric layer. Individual layer patterning is less susceptible to alignment 
mismatch but adds more photolithography steps, and extra masking steps are required to avoid 
redeposition of dielectric films on the exposed pads. On the other hand, single step patterning was 
prone to the propagation of alignment errors throughout the different composite layers. Figure 6-23 
demonstrates three groups of patterned tracks and pads, each belonging to a different composite layer. 
Windows were etched in the oxide layers using aluminum hard mask and RIE as shown in Figure 
6-24. Finally, the electrode contour was patterned and etched using DRIE and aluminum hardmask, 
and the released electrode is presented in Figure 6-25. 
 
Figure 6-23. Multi-composite layer recording electrode, Left: Interconnect pads, Right: 
Recording pads 
 





Figure 6-25. SEM pictures for the multi-composite layer electrode, Left: Electrode tip with the 
bottom most composite layer, Right: Electrode shaft with tracks belonging to the bottom most 
composite layer and pads of the intermediate layer 
6.8 Carrier Wafers and Interconnect Cables 
Carrier wafers 
Carrier wafers were designed to facilitate electrode handling and mating to circuits, and several 
designs were implemented for the quad shaft, small rodent dual shaft and flexible electrodes with 
integrated cables (refer to section 3.13). Silicon was chosen as the substrate material because of its 
mechanical strength and easy processing. 
The quad shaft electrode carrier wafer is shown in Figure 6-26-Left and had 100µm deep 
groove for electrode alignment. The wafer had through holes to thread the lead wires and create 
reliable bonding and the drilling holes markers are shown in Figure 6-26-Right. The wafer was 
passivated with silicon-oxide and the pads were exposed using RIE etching and hardmask. The wafer 
dicing and through hole drilling were done using laser micromachining and the design was 
implemented on 285µm silicon wafer to be able to drill the high aspect ratio holes. The carrier wafer 
was fragile and not reliable. The carrier wafer can be implemented on a 385µm substrate and the 
fabrication process can be modified by replacing laser dicing with DRIE and the through holes by 





Figure 6-26. Left: Quad shaft electrode carrier with through holes and alignment groove, the 
electrode surface is passivated with oxide layer, Right: Exposed pads with through holes 
drilling cross-hair markers 
 The carrier wafer for the double shaft electrodes was an improved version of the quad shaft 
electrode carriers and was designed to be released using mechanical saw dicing. This process is low 
cost and does not require additional patterning steps but limited to orthogonal linear loci. The carrier 
wafer had a rectangular layout, and Figure 6-27 shows the fabricated wafer with the electrode 
alignment groove and patterned metallization layer forming the pads and tracks. The electrode was 
bonded to the wafer using epoxy resin, and the electrode interconnect pads were coupled to the wafer 
using gold wire bonding. 
 
Figure 6-27. SEM pictures of dual shaft electrode carrier wafer, Left: Released carrier wafer 
with patterned metallization layer and etched alignment groove, Right: Electrode-wafer 
assembly before gold wire bonding 
Flexible cables 
Flexible cables were custom designed and fabricated to couple silicon electrodes to external circuits 




wafers (listed in Table 3-3). The cables were fabricated on 50 and 125µm polyimide sheets with 
copper metallization layers to facilitate soldering to circuits and pcb’s using regular solder wires. The 
cables were designed for release using RIE or laser dicing. The electrode-cable assembly was done 
using microscope and vacuum stage and the electrode was temporarily attached to a silicon wafer. 
The cable was attached to the electrode using fast curing epoxy resin, then the electrode pads were 
bonded to the cable tips using conductive paste (e.g. silver conductive epoxy). The different cable tips 
are demonstrated in Figure 6-28, and the cable pads had triangular tips to improve spreading the 
conductive paste and establish reliable bonding. The electrode-cable assemblies for single and quad 
shaft electrodes are demonstrated in Figure 6-29. 
6.9 The Waterloo Array: 3-D Electrodes Arrays 
The Waterloo Array is 3-D flexible electrode made by stacking several planar Flex electrodes using 
custom designed carrier wafers as demonstrated in section 3.14. The Flex electrode with integrated 
interconnect cable (introduced in section 3.14) was designed for stacking and the electrodes were 
aligned using the engraved trenches on the carrier wafer and the projections on the electrode. Two 
carrier wafers were fabricated with different lengths (2.4 and 5mm) as shown in Figure 6-30, and 
each electrode was glued to the carrier wafer and resided in the etched trench. The electrode was 
aligned using the engraved notches on the wafer and the projections on the electrode. The gap 
between the electrodes was manipulated by the wafer thickness and the depth of the trench. The 
planar electrodes were arranged into a three layers assembly forming a 3-D constellation of 72 pads 






   
Figure 6-28. Flexible interconnect cables, Top: Single shaft electrode, Bottom left: Quad shaft 
electrode, Bottom right: Double shaft electrode carrier wafer 
 
Figure 6-29. Single (Top) and Quad (Bottom) shaft electrode-cable assemblies 
 








Figure 6-31. The Waterloo Array: 3-D Flex electrode assembly with 12 shafts and 72 
stimulation pads 
6.10 Pad post processing 
Why low impedance 
Stimulation is done using controlled current sources, thus lower electrode impedance would help in 
reducing power consumption. This extends the battery life of implanted systems, and also reduces 
power dissipation and the associated joule heating. Moreover, lower reduces noise generation. Low 
cost pad post processing technique was developed using low current pulsated electroplating to deposit 
a rough gold layer on the neuro-interface pads resulting in significant drop in the interface impedance. 
The AC electrode impedance is dominated by the electrode-tissue interface which is highly capacitive 
and proportional to the contact area. The pad post processing increases the surface roughness which 
expands the surface area yielding lower capacitance. Figure 6-32 illustrates the pad surface for 
different electrodes including the original Flex, modified Flex with post processed pads, commercial 
twisted wire, and commercial thin film electrodes. The post processed Flex electrode manifests the 






Figure 6-32. SEM pictures of the pads on different electrodes showing the surface roughness. 
RSE: Rough surface electrode (modified Flex electrode), SSE: Smooth surface electrode 
(original Flex electrode), CME: Commercial microelectrode (Neuro Nexus), CMW: 
Commercial microwire electrode 
6.11 Conclusion 
This chapter demonstrated the fabrication results of the microelectrodes and the different components. 




according to different design requirements and applications. Silicon and polyimide electrodes were 
successfully implemented; however, stainless steel processing was terminated due to unresolved 
electrode release issues. Silicon substrates were easier to handle and process while polyimide 
processing required additional steps to manage its flexible structure, lower thermal conductivity and 
thermal expansion. Silicon is brittle, and mechanical failure will cause fracture and release debris in 
the body, thus it is suitable for short term animal interfacing (recording/stimulation) applications. On 
the other hand, flexible electrodes were developed and optimized for chronic in vivo applications. 
The insertion methodology of flexible electrodes was based on developing a mechanical design that 
would provide the axial strength required for tissue penetration and waive the need for implantation 
assistive devices (i.e. stylus or mounting devices) to minimize tissue trauma. 
Various materials were tested for fabricating the different electrode layers including 
metallization, dielectric, and passivation layers. Gold is inert and biocompatible and was chosen for 
the exposed metal pads that come in contact with tissue. However, platinum causes less metal-metal 
interface noise than gold and is preferred for recording applications, but it was not available during 
the research. Other components were also fabricated including carrier wafers, stacking wafers and 
interconnect flexible cables. 
The planar Flex electrode was designed and optimized for stacking using special carrier wafers 
with alignment trenches. The electrode and carrier wafers were assembled to create the flexible 3-D 






Electrode Characterization and Testing 
7.1 Introduction 
This chapter demonstrates the electrode impedance characterization, in vitro and acute in vivo testing 
of the Flex electrode. The electrode was benchmarked against commercial equivalents including low 
cost twisted-wire electrode from Plastics One Inc. and thin-film electrodes from NeuroNexus. The 
original Flex electrode was also compared against the modified design with post-processed pads. 
Custom printed circuit boards were designed and fabricated to mount the Flex electrode (refer to 
section 6.6) and facilitate handling and connections to the experimental setups. The electrodes used in 
this study are labeled as followed: Flex electrode: Smooth surface microelectrode (SME), Modified 
Flex electrode with post-processed pads: nano-textured microelectrode NME, Twisted wire electrode: 
Commercial microwire (CMW), and Thin film electrode: Commercial microelectrode (CME). 
7.2 Electrode Electrical Characterization 
The proper electrode operation and coupling to external circuits require characterizing the electrode 
impedance. The electrode impedance has DC and AC components, and the latter is dominated by the 
highly capacitive electrode-tissue interface impedance. DC resistance measurement was done during 
electrode fabrication for characterization as well as a part of the inspection procedure to identify 
fabrication defects including open and short circuits. The setting comprised microprobe station, 
controlled voltage source and ammeter. I-V characteristic curves were plotted to estimate the track 
resistance, and detailed results are presented in section 6.5.3. 
AC impedance was measured using frequency response analysis (FRA) and electrochemical 
impedance spectroscopy (EIS). Two-electrode standard electrochemical cell was setup using 0.9% 
sodium-chloride saline solution, platinum counter electrodes, Solatron SI 1287 Electrochemical 
Interface and Solatron SI 1260 Impedance/Gain-Phase Analyzer. The setup and circuit schematic are 
demonstrated in Figure 7-1. 
Impedance measurement was done by sweeping 10mV signal from 1MHz down to 0.1Hz and 
the current was recorded. The real and imaginary impedance components as well as Bode plots for the 
magnitude and phase were plotted. The Flex electrode with 110x110µm pads, the commercial twisted 
wire electrode and the thin-flim Neuro Nexus electrode were characterized and the measurements 
were repeated for different pads and differential channels on several electrodes, where each channel is 
made up of two interface pads. The electrodes exhibited the anticipated capacitive response attributed 
to the double layer at the electrode-electrolyte interface. The twisted wire stimulation electrode was 
considered a benchmark to evaluate the Flex stimulation electrodes and the impedances are plotted in 
Figure 7-2. The average differential channel impedance recorded was ~5.6ΩM for the Flex and 
NeuroNexus thin-film electrodes, and ~575KΩ for twisted wire electrodes. The modified Flex 




30KΩ. This is attributed to the expanded electrode-electrolyte contact area achieved by the increased 
pad surface roughness (refer to section 6.10). 
  
Figure 7-1. Left: AC impedance characterization setup showing the two-electrode standard 
electrochemical cell, electrolyte and cables. Right: Circuit schematic 
 
Figure 7-2. FRA of electrode-electrolyte interface: Pad impedance magnitude 
7.3 In Vitro Testing of the Flex Electrode 
In vitro testing of the stimulation electrodes was done in the Krembil Neuroscience Centre Research, 
Toronto Western Hospital (TWH) on human hippocampus brain tissue sample. This test verified the 
proper function of the electrode through stimulating a living brain tissue sample and monitoring the 













The sample was obtained on the same day from resective epilepsy surgery patient and was 
sliced and prepared for the setup. The electrode was attached to custom designed PCB and two 
designs were implemented providing access to 12 and 24 channels using 1mil pin header connectors 
as shown in Figure 7-3. A connection and mounting assembly (Figure 7-4) was custom made to attach 
the electrode to the micro-manipulator (Figure 7-5). During testing, the tissue sample was secured in 
place using vacuum stage, and maintained viable in a stream of oxygenated (95%) artificial 
cerebrospinal fluid (ACSF) and carbon-dioxide (5%) was bubbled through the solution to buffer the 
bicarbonates in the ACSF. A 0.1mA stimulation current pulse was generated using voltage controlled 
current stimulator and the charge was delivered to the tissue sample. Signal monitoring was done 
using standard recording electrodes high gain amplifier (Peak Lab). 
The stimulation pulse was first recorded using the same setting without the brain tissue to 
provide a reference. Then the experiment was executed on the living brain tissue and both the evoked 
potential and stimulation pulse were detected. The stimulation and recording were repeated multiple 
times and the captured signals were consistent. The recorded signals are plotted in Figure 7-6 and the 
exhibiting the stimulation pulse followed by the evoked potential which was identified by medical 
team as a response to successful stimulation of the hippocampus. 
 
Figure 7-3. Flex electrodes mounted on in vitro PCB’s with 12 and 24 channel connections 
 




Table 7-1. FRA of electrode-electrolyte interface impedance: minimum recorded values 
 Impedance magnitude Impedance phase 
Smooth pad 2.272MΩ -67.86° 
Rough pad 31.9KΩ -76.016° 
Sick Kids pad 424KΩ -58.63° 
Smooth differential channel 5.59MΩ -65.7° 
Rough differential channel 179KΩ -82.71° 
Sick Kids differential channel 575KΩ -27.14° 
 
 
Figure 7-5. In vitro testing setup, Krembil Neuroscience Centre Research Lab, Toronto 
Western Hospital (TWH) 
 

















7.4 Acute In Vivo Testing of the Flex electrode 
An acute in vivo study was conducted at the Neurosciences & Mental Health Research Institute - the 
Sick Kids hospital, in which the Flex electrodes (NME and SME) were compared to the commercial 
microwire (CMW) and the Neuro Nexus thin film microelectrodes (CME) [208]. The study compared 
the SNR and quality of recorded signals using the different microelectrodes. The electrodes were 
integrated to a wireless electrotherapeutic implantable system developed for monitoring brain activity 
and the experiments were repeated to investigate the effect of the effect of the electrodes on the 
system performance. A modified double-shaft Flex electrode was attached to custom designed PCB 
with a flexible printed circuit (FPC) header to mate the electrode to the neuro-interfacing system 
using flat flexible cables (FFC) cable and pin header, the electrode assembly and cable are shown in 
Figure 7-7. 
Noise measurement 
Signal to noise ratio (SNR) estimation was done offline using Matlab to analyze the quality of neural 
signal recordings. SNR rises for higher signal strength and lower system noise, and it was calculated 
using equation 7.1: 
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where, 
Vin: Recorded neural signal  
Vmsn: Microelectrode system noise 
Fs: Sampling frequency 
M: Number of segments 
N: Duration in seconds 
i = 1, 2, 3, ...M 
k =1, 2, 3, ...N 
 
Thermal and flicker noise were measured using standard setup with platinum plates. The noise 
levels recorded for the amplifier (Vni) and reference system (Vrsn) were similar (~7µVRMS). This was 
due to the wider surface area in platinum plat and negligible amount noise contribution (Vni >> Vnp) 
causing lower electrochemical interaction and thermal noises [209]. Figure 7-8 demonstrates the 
domination of flicker noise on the Vni in the low frequency band (<3Hz); however thermal noise is 
spectrally flat with uniform noise density over the wide frequency band. On the contrary, 
microelectrode system noise (Vmsn) remarkably dropped at lower frequency; however, it introduced 
higher thermal noise due to the higher impedance. Flex electrode with post-processed pads (NME) 
significantly blocked the low frequency noise and dropped the noise 8 times at 0.1Hz. Also NME 





Figure 7-8 demonstrates microelectrode noise contributions of the different electrodes. The 
average oscillation in each band was estimated to evaluate recording performance. The Neuro Nexus 
electrode (CME) captured the higher noise levels with RMS value of 8.3µV, followed by 6.64µV for 
the original Flex electrode (SME); while the microwire electrode (CMW) had a value of 4.03µV and 
finally, the post processed Flex electrode (NME) had the best performance with 1.24µV. 
 
Figure 7-7. Dual shaft Flex electrode in vivo testing assembly 
In vivo recording 
Acute in vivo recording was done on Sprague–Dawley rats (150–250gm) using craniotomy with 
general anaesthesia. The electrodes were implanted in the somatosensory area and bipolar recording 
was done using the implantable system. The recorded signals were analyzed in different frequency 
bands: delta (0.1 – 4 Hz), theta (4 – 7 Hz), alpha (8 – 13 Hz), beta (13 – 30 Hz) and gamma (30 – 100 
Hz). 
The neural signals were recorded using different electrodes at 200Hz sampling frequency and 
divided into 280 segments of 4 seconds for SNR measurement. Figure 7-10 demonstrates spectral 
densities of recorded neural signals and the associated electrode-electrolyte system noise. SME and 
CME exhibited more significant low frequency noise compared to NME and CMW. The recordings 
also demonstrated the higher thermal noise generated by CMW at high frequencies while NME 
yielded the best signal fidelity. Figure 7-9 shows mean SNR plots for NME, SME, CME and CMW. 






Figure 7-8. Measured noises: (a) instrumentation noise and microelectrodes system noise 
densities and (b) microelectrodes noise densities of the presented and commercial electrodes 
[209] 
 






























































































Figure 7-10. Measured neural signal and microelectrodes noise spectral densities of the 
presented and commercial electrodes [209] 
7.5 Conclusion 
The electrodes DC resistance and AC impedance were measured to characterize the electrode 
electrical specifications. The electrode-tissue interface impedance was measured using two-electrode 
electrochemical cell. The regular and post processed Flex electrodes were benchmarked against 
commercial equivalents. The regular electrode exhibited an average impedance of 3MΩ similar to 
that of the commercial thin film electrode. On the other hand, the post processed electrode 
demonstrated remarkable drop in the impedance to a value of 30KΩ. 
In vitro and in vivo tests were conducted on the Flex electrode to verify its functionality and 
compare its performance to commercial electrodes. In vitro stimulation test was done on a human 
hippocampus tissue sample in the Krembil Neuroscience Centre Research Lab, Toronto Western 
Hospital (TWH) and the evoked potentials were recorded inferring successful tissue stimulation. 
Acute in vivo recording was done using the dual shaft Flex electrode in the Neurosciences & Mental 
Health Research Institute, the Sick Kids hospital using a wireless implantable electrotherapeutic 
device developed for intra-cortical recording and stimulation. The study investigated and compared 
the effect of several intracortical microelectrodes on the system performance in terms of noise value, 
signal to noise ratio (SNR) and signal quality. The post processed Flex electrode exhibited the lowest 
recorded noise and the highest SNR. 
In conclusion, the Flex electrode proficiently fulfilled the mechanical, electrical, physiological 
and biocompatibility design requirements. In vitro and in acute vivo experiments comparing the 
proposed electrode to commercial alternatives demonstrated the precedence of the Flex electrode in 
neural recording. The electrode technology will be used to develop customized electrode designs for 
the clinical research labs collaborating with CIRFE Lab. 
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8.1 Research Summary 
The dissertation presented the progress and outcomes of intra-cortical microelectrode design and 
fabrication. The quest for creating advanced electrodes for neuro-interfacing applications motivated 
this research. The main objective was to develop, fabricate and test intra-cortical microelectrodes with 
improved functionality and biocompatibility. This required reworking the conventional electrode 
technology to create new architectures and layouts capable of satisfying the application requirements. 
It presented several innovations and novelties capable of improving the electrode functionality and 
biocompatibility. Electrode development was accomplished through developing design methodology 
for intra-cortical microelectrodes, creating electromagnetic (EM) and mechanical models for the 
electrode and brain tissue to study the electrode electric performance and improve its design, and 
creating novel electrode layouts and architectures to implement proposed designs. The research 
introduced electrode designs that integrated multiple functions including simultaneous recording and 
simulation, and current steering. It also presented fabrication processes for the different electrode 
designs and addressed practical issues including assembly techniques to create 3-D electrode arrays 
and creating flexible interconnects for external circuits. The research outcomes were concluded by 
introducing the ―Waterloo Array‖ which is a flexible intra-cortical electrode array with integrated 
interconnect cable providing high density 3-D constellation of neuro-interfacing channels. 
The electrodes were characterized to evaluate their electrical characteristics and their 
performance was benchmarked against commercial equivalents. In vitro and in vivo tests were carried 
on to verify their functionality. The electrodes successfully satisfied the design requirements and the 
Flex electrode with post processed pads manifested superior performance compared to other 
commercial electrodes. 
8.2 Future Work 
The design methodologies, optimization procedures and fabrication processes created and developed 
during this research were applied to create functional prototypes which successfully satisfied the 
design requirements. Further work and improvements can be applied to the electrode design 
including: 
 Investigate tissue response to chronic implants with different pads types (up to 12 months). 
 Experimental evaluation of effect of electrically floating metal layers on controlling electric field 
distribution within brain tissue (refer to section 4.7). 






ACSF Artificial cerebrospinal fluid 
BHF Buffered Hydrofluoric acid 
BMI Brain-machine interface 
CNS Central nervous system 
CME Commercial microelectrode (NeuroNexus Thin film 
electrode) 
CMW Commercial microwire (Plastics-One Twisted wire 
electrode) 
DBS Deep brain stimulation 
DCES Direct cortical electrical stimulation 
DRIE Deep reactive ion etching 
ECoG Electrocorticography 
EDM Electrical discharge machining 
EM Electro-magnetic 
ESCS Epidural spinal cord stimulation 
FDA Food and drug administration 
FDTD Finite difference time domain 
FEM Finite element modeling 
FES Functional electric stimulation 
FFC Flat flexible cables 
FPC Flexible printed circuit 
GPi Globus pallidus 
GSA Geometric surface area 
ICP Inductively coupled plasma 
IPA Isopropanol alcohol 
LFP Local field potential 




NME Nano-textured microelectrode (post-processed Flex 
electrode) 
OCD Obsessive-compulsive disorder 
PAN etch Phosphoric, Acetic, Nitric acids etchant 
PECVD Plasma enhanced chemical vapour deposition 
PEG Polyethylene glycol 
PGA Perfect geometric approximation 
PVD Physical vapour deposition 
PR Photoresist 
REL Rehabilitation Engineering Lab ( University of Toronto) 
RIE Reactive ion etching 
SCC Stress corrosion cracking 
SCS Spinal cord stimulation 
SME Smooth surface microelectrode (Flex electrode) 
SN Substantia nigra 
SOI Silicon-on-insulator 
STN Subthalamic nucleus 
TBI Traumatic brain injury 
TMS Transcranial magnetic stimulation 









Foreign Body Response 
1. Foreign Body Response 
Neuro-compatibility describes the quality of electrode-tissue interface and its degradation due to the 
tissue reactive response [98][99][123]. Intra-cortical electrodes are designed for prolonged application 
and electrode implantation provokes foreign body reaction (FBR) which attempts to dispose of the 
foreign body through a two phase process [26][91][92][93][94]. The immediate acute phase response 
employs tissue fluids to dissolve the foreign body [173], followed by the chronic phase response 
which aims to isolate the foreign body. The implant is encapsulated in an unexcitable tissue layer 
which increases the contact impedance and degrades the electrode functionality. The chronic response 
is characterized by the formation of glial scars and activated microglia which attempts to destroy the 
foreign body through phagocytosis. The capsule can be fully formed within 15 days to four months 
[95] depending on the provocativeness of electrode material [96], and its thickness capsule depends 
on the electrode biocompatibility which is a function of electrode material and geometry [97]. The 
acute phase response delays the operability of electrodes, while the chronic phase response raises the 
threshold of stimulating electrodes and inhibits signal pick for recording electrodes. 
2. Capsule Formation 
The capsule formation was elaborately discussed in the literature, and the formation period was 
estimated to be 12 weeks. A continuous sheath of cells grows in a loosely organized pattern within 2 
weeks, and develops a compact and continuous layer in 6 to 12 weeks capable of electrically isolating 
the electrode. During development, the sheath gets more strongly attached to the surface of the 
electrode than the surrounding tissue [93]. Metals that invoke high tissue response exhibited 
formation of thick capsules after 15 days [96]. Furthermore, the electrode geometry and size 
manipulate the formation of capsules such that micro-sized implants would yield thinner 
capsules[97].An experiment which demonstrates the body response and formation of capsules using 
stainless steel electrodes was discussed in [95] and outlined the following observations: 
 After 24 hours of implantation: 1mm zone surrounding the electrode contained haemorrhage, 
necrosis and edema. 
 The following 3 days: drop in haemorrhage and necrotic debris. 
 The seventh day: 0.1mm layer of capillaries occupied the necrotic zone. 
 The 15thday: capillaries replaced the necrotic region, and connective tissue was formed. 
 After a month: necrotic debris disappeared, and a capsule surrounded the electrode track. 





Brain Tissue Dielectric Properties and Dispersion Modes 
1. Conductivity and permittivity 
The dielectric properties of a material determine its response to externally applied electric fields. 
Values for brain tissue conductivity range in literature from 0.05 to 3.3S.m
-1
, and exhibit anisotropy 
[148]. The dielectric properties also depend on the type of tissue (e.g. white matter, grey matter, 
encapsulation tissue and nerve fibers) and the species (e.g. rodents, humans). The low frequency 
conductivity values used for brain tissue modeling are listed in Table 4-1. Complex permittivity ( ̂) 
was used for modeling the tissue response to time varying fields; and the magnitude (  ) and phase 
shift (   ) were expressed with respect to the polarization field as follows: 
 ̂           ... (D.1) 
Complex permittivity is a function of frequency and exhibits dispersions through the spectrum. 
The effective complex permittivity of heterogeneous material was modeled by a four Cole-Cole 
expression and an additional term represents static conductivity as shown in equation (D.2). 
 ̂     ∑ (
   
  (    )(   )
 
  
     
)     ... (D.2) 
2. Biological tissue parameters database 
Based on data published in literature and the work conducted by Gabriel et al, an elaborate database 
for the dielectric properties of biological tissue was established in 1996 to be used in electromagnetic 
dosimetry studies. Experimental data was collected from excised animal tissue at 37°C and the 
database had the following limitations [154]: 
 Data was measured on excised not living tissue. 
 Model predictions were accurate for frequencies beyond 1MHz due to the presence of sufficient 
supporting data. 
 Data extracted from models at low frequencies (< 1MHz) were only estimates due to lack of 
detailed data. 
 Low frequency data (< 100Hz) was contaminated with electrode polarization errors. 
 Data values contributed by Baco et al (1997) were higher than the database due to soaking the 
brain tissue in saline solution during measurements. 
 Data values contributed by Schmidt et al (2003) were higher than the database as the pressure 
applied by electrodes to hold the samples for elongated measuring periods (150 minutes) seeped 
fluids from within the cells affecting the measurements. 




 In vitro and in vivo values differ at low frequencies. 
The values for relative permittivity, conductivity and loss tangent for white and grey human 
brain tissue extracted from Gabriel model [152][153] are plotted in Figure D-1 to Figure D-4. 
 
Figure D-1. Dielectric parameters of human brain grey matter based on Gabriel model (solid 





Figure D-2. Conductivity of white and grey matter (10Hz – 100MHz) 
 




































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































































Brain Tissue Mechanical Modeling 
The hyperelastic models imposed the following limitations to the stress-strain relation: 
1. Stable and independent of cyclic loading. 
2. Independent of maximum applied strains. 
3. Reversible and does not exhibit hysteresis. 
4. Perfectly elastic and does not accommodate permanent strain deformation. 
Stress-strain 
Uniaxial quasi-static loading of fresh brain tissue is described in [200] and the experimental results 
are listed in Table L-1. The loading was applied in cyclic tension/compression pattern at a speed of 
5mm/min. The data was plotted and modeled using Ansys 12 Curve Fitting Tool and Mooney-Rivlin 
hyper elastic model with 3 parameters provided the best match and valid material constants. The 
curve fitting results are plotted in Figure L-1and the model parameters are listed in Table 5-15. 
Table L-1. Fresh brain tissue curve fitted stress-strain curve 
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